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ABSTRACT
AN EMG OPTIMIZATION MODEL OF THE KINETIC DEMANDS ON THE LOWER
BACK DURING ASYMMETRICAL GAIT AND LOAD CARRIAGE

FEBRUARY 2021
JACOB J. BANKS
B.S., MICHIGAN TECHNOLOGICAL UNIVERSITY
M.S., THE OHIO STATE UNIVERSITY
Ph.D., UNIVERSITY OF MASSACHUSETTS AMHERST
Directed by: Professor Graham E. Caldwell

Gait asymmetries are associated with a high incidence of lower back pain (LBP).
Although there are several causes of gait asymmetry (i.e. amputation, injury, or
deformities), lower back kinetic demands have not been quantified and suitably compared
due to experimental limitations in these clinical populations. Further, the impact of gait
asymmetry on lower back demands during carrying tasks has not been established. This
dissertation addressed these issues by artificially and safely inducing gait asymmetry in
healthy able-bodied participants during walking and carrying tasks. LBP risk was assessed
by L5/S1 vertebral joint force levels estimated with an OpenSim musculoskeletal model of
the lower back adapted to incorporate participant-specific responses using an EMG
optimization approach. The model was evaluated systematically for force estimate efficacy
and sensitivity to input parameters prior to gait asymmetry assessments.
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Twelve participants performed walking and carrying tasks on a treadmill at
individually scaled speeds while kinematics, external kinetics, and muscle activities
(EMG) were recorded. Walking conditions consisted of unperturbed symmetrical gait,
and asymmetrical gait induced by perturbing the right leg with a 2.54 cm shoe leveler, ~1
kg ankle weight, combined weight and shoe leveler, or a clinical walking boot that
restricted ankle joint motion and added mass. Load carrying was performed while holding
7.5% and 15% bodyweight dumbbells in one or two hands during symmetric gait and
asymmetric gait induced by the walking boot.
The perturbations were successful in producing different degrees of gait
asymmetry.

However, L5/S1 joint forces were not significantly different between

conditions despite unique spatiotemporal asymmetries. This indicates that LBP in those
with gait asymmetry may not be due solely to level planar walking. During carrying tasks,
gait asymmetry induced by the walking boot increased some metrics of lower back loading.
Further, carrying a load in the hand contralateral to the walking boot produced larger forces
than when carried on the same side. These results emphasize the importance of evaluating
specific sources of gait asymmetry during daily activities other than walking when
assessing LBP risk and would encourage more inclusive ergonomic carrying guidelines.
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CHAPTER 1
INTRODUCTION
The human spine has capabilities that differentiate us from other vertebrates
(Gracovetsky, 1985). With its arrangement of vertebrae, intervertebral discs, nerves,
muscles, and connective tissues the architecture of our back is engineered to provide
structural support, proprioception, and movement control during a myriad of bipedal
upright activities. Despite its shrewd design these structures are susceptible to pain,
particularly in the lower back or lumbar region (Andersson, 1997; Hoy et al., 2012). Lower
back pain (LBP) has been defined as pain between the pelvis and the twelfth ribs that limits
activity for at least one day (Hoy et al., 2010b). The annual estimated financial burden
associated with LBP is between $100 and $200 billion in the United States alone (Katz,
2006), with 9% of the general population affected at any given time (Hoy et al., 2014).
This high socioeconomical burden has resulted in decades of research dedicated to
identifying and mitigating the causes of LBP.
The origin of pain is complex and varies by an individual’s perception and
experience (Marras, 2008; Merskey and Bogduk, 1994), resulting in many LBP cases being
diagnosed as idiopathic (Hoy et al., 2010a). However, identifiable sources of nociceptive
pain from injury include the vertebral endplates, intervertebral discs, neural arches,
ligaments, and muscles (Allegri et al., 2016; Golob and Wipf, 2014; Kuslich et al., 1991).
High external loads and repeated awkward and asymmetric trunk postures and movements
are well-established mechanical catalysts for these lower back injuries (Bernard, 1997; da
Costa and Vieira, 2010; Hoogendoorn et al., 1999; Marras, 2000). Biomechanical models
have demonstrated how large external loads are problematic because of the severe
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mechanical disadvantage of the stressed internal force producing tissues (Chaffin, 1969;
Morris et al., 1961; Troup, 1965). This mechanical disadvantage can worsen during
awkward and asymmetric postures, triggering spinal instability and an increase in internal
loading and risk of injury (Davis and Marras, 2005; Fathallah et al., 1998; Granata et al.,
1999; Marras and Mirka, 1992; Marras and Sommerich, 1991a; Mital and Kromodihardjo,
1986). Prolonged or repeated loading without sufficient recovery time can lower a
biological tissue’s tolerance to injury in even seemingly benign or non-neutral postures
(Marras et al., 2016).
Walking is a fundamental means of locomotion, with activities often generating
thousands of steps per day (Tudor-Locke et al., 2011). It is widely recommended for
aerobic and musculoskeletal conditioning, and can provide therapeutic relief from LBP
(Nutter, 1988). However, a variety of pathological conditions and tasks can result in
asymmetric gait, including congenital deformities, injury, disease, amputation, and load
carriage (Cappozzo and Gazzani, 1982; Constantinou et al., 2014; Dananberg, 1993; Devan
et al., 2014; DeVita et al., 1991; Friberg, 1983; Gulgin et al., 2018; Mündermann et al.,
2005; Tanaka et al., 2015; Wolfe et al., 1996). Gait asymmetries are defined as bi-lateral
differences in lower limb kinematics or kinetics (Sadeghi et al., 2000).

Given the

established relationships between LBP, tissue injury, asymmetric postures, and repeated
loading, it is not surprising that gait asymmetries are related to LBP. The reported
magnitude of the LBP prevalence in those with asymmetric gait is alarming, more than five
times that of the general able-bodied population (Ehde et al., 2001; Giles and Taylor, 1981;
Smith et al., 1999; Wolfe et al., 1996). Therefore, the cumulative lower back demands
associated with asymmetrical gait are of interest to clinicians and researchers looking to
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improve the quality of life in these LBP susceptible patients (Dananberg and Guiliano,
1999; Devan et al., 2014; Friel et al., 2005; Morgenroth et al., 2010).
To quantify lower back demands during able-bodied walking, in vivo lumbar
loading has been directly measured with invasive techniques (Dreischarf et al., 2016;
Fowler et al., 2006; Grillner et al., 1978; Nachemson and Elfstrom, 1970; Rohlmann et al.,
2014a; Wilke et al., 1999). Spinal loads during gait can be 70% larger than in standing
(Rohlmann et al., 2014a), while carrying a 20 kg crate in one hand can double spinal loads
compared to standing (Rohlmann et al., 2014c; Wilke et al., 2001). These direct in vivo
measurements are insightful but susceptible to methodological limitations and ethical
concerns (Dreischarf et al., 2016; Wilke et al., 1999) and have not yet been applied to
quantify spinal loads during pathological asymmetric gait. To overcome these issues, in
the absence of an appropriate animal model, researchers have sought to improve our
understanding of lower back demands by developing non-invasive in silico biomechanical
models (Christophy et al., 2012; de Zee et al., 2007; El-Rich et al., 2004; Marras and
Granata, 1997a; McGill and Norman, 1986; Schultz and Andersson, 1981; Stokes and
Gardner-Morse, 1995; University of Michigan, 2017). Biomechanical models have been
used to quantify peak vertebral loading and potential trunk muscle forces throughout the
able-bodied gait cycle (Arshad et al., 2018; Callaghan et al., 1999; Cappozzo, 1984; Cheng
et al., 1998a; Cromwell et al., 1989; Khoo et al., 1995), and to calculate lower back kinetic
demands during asymmetric gait (Cappozzo and Gazzani, 1982; Hendershot et al., 2018;
Hendershot and Wolf, 2014; McGill et al., 2013; Rose et al., 2013; Sagawa et al., 2011;
Shojaei et al., 2016; Yoder et al., 2015; Yu et al., 2014). Lower back demands in clinical
asymmetric gait have been estimated as 40 to 80% greater for amputees compared to able-
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bodied individuals (Cappozzo et al., 1982; Shojaei et al., 2016), while similar increases
have been observed for asymmetric versus symmetric load carriage (McGill et al., 2013;
Rose et al., 2013). These added demands have been accredited to various “mal-adaptive”
changes (Dananberg, 1993; Devan et al., 2014) in lower limb strength, kinematics, and
kinetics throughout the gait cycle (DeVita et al., 1991; Hendershot and Wolf, 2014; Sagawa
et al., 2011) and are hypothesized to lead to the increased incidence of injury and LBP.
Mal-adaptive gait asymmetries can present themselves in a variety of ways
(Dananberg and Guiliano, 1999; Devan et al., 2014; Tazawa, 1997).

In amputees,

prosthetic devices often lack the necessary ankle range of motion and plantar flexion pushoff capabilities observed during able-bodied gait (Sagawa et al., 2011). To overcome these
limitations, amputees will increase hip torque, trunk movement, and stance time on their
intact leg (Sagawa et al., 2011). Similar compensations have been observed in able-bodied
individuals with injuries or deformities to the ankle or foot (Dananberg, 1993; Dananberg
and Guiliano, 1999). Another form of gait asymmetry is caused by bi-lateral leg length
differences, which exist in able-bodied, injured, and amputee populations (Beal, 1977;
Gulgin et al., 2018; Knutson, 2005a; Yu et al., 2014). Discrepancies in leg length greater
than 25 mm are associated with LBP and increased trunk demands (Friberg, 1983; Giles
and Taylor, 1981; Khamis and Carmeli, 2017; Knutson, 2005b; Murray and Azari, 2015;
Yu et al., 2014). Asymmetrically carrying a load can also induce gait asymmetries of
increasing trunk lean, stance time, and lower limb abduction moments over the
contralateral lower limb (DeVita et al., 1991; Wang and Gillette, 2018, 2017).
Despite a variety of origins, asymmetric gait lower back loading has been studied
primarily in lower limb amputees (Devan et al., 2014; Sagawa et al., 2011). Individual
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studies on amputees are often compromised by low participant numbers, a lack of a
baseline comparison, and a large range of diversity in amputation and prosthetic type
(Hafner et al., 2002; Highsmith et al., 2019; Nolan et al., 2003; van der Linden et al., 1999).
Furthermore, such studies are not representative of other asymmetric gait populations such
as those with leg length discrepancies or joint pain, nor do they fully encompass the daily
rigors a clinical population may encounter throughout daily living (Actis et al., 2018b;
Devan et al., 2014). Another approach is to study able-bodied participants with artificiallyinduced asymmetry through modified uni-lateral leg length, leg inertial characteristics,
joint restrictions, casting, cadences, or speeds (Brown et al., 2018; Gulgin et al., 2018;
Lemaire et al., 2000; Roemmich et al., 2012; Royer and Martin, 2005; Vanicek et al., 2007).
Such controlled studies have provided a useful prospective on asymmetric gait in
nonamputees and rehab patients, and in the study of underlying motor control processes.
A controlled experimental setup that manipulates asymmetries in an otherwise healthy and
homogeneous cohort could help us better identify how distinct lower limb bi-lateral
differences affect lower back demands during walking and load as calculated with a
biomechanical model.
Biomechanical models apply observed kinematics, mathematical equations,
established anatomy, and biological assumptions to calculate internal kinetic demands that
are impractical to measure in vivo (Dreischarf et al., 2016). Each model component
contributes to the accuracy of the calculated lower back demand, and their impact on the
calculated demands should be established (Hicks et al., 2015). A particularly crucial
modeling decision is the implementation of a strategy to predict the internal active and
passive tissue forces that are responsible for an observed kinematic response (Marras,
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2000). This modeling dilemma arises because there are far more internal force-producing
structures (i.e. muscles and ligaments) than there are equations of motion, resulting in an
infinite number of possible solutions for individual tissue forces. In lieu of this, researchers
often choose to neglect the influence of individual tissues altogether, reduce the number of
muscles and ligaments to a deterministic number, or apply a generic optimization technique
to quantify muscle recruitment (Bean and Chaffin, 1988; Chaffin, 1969; Kingma et al.,
1996; Morris et al., 1961; Schultz and Andersson, 1981; Stokes and Gardner-Morse, 1995;
Troup, 1965). These approaches fail to incorporate participant-specific responses to a
given task and will often underestimate loading by neglecting antagonistic muscle
contributions (Callaghan et al., 1999; Cholewicki et al., 1995; Kingma et al., 2001; Marras,
2008). Therefore, modeling methods incorporating electromyography (EMG) have been
developed to represent participant-specific neuromuscular recruitment strategies
(Cholewicki and McGill, 1994; Dolan and Adams, 1993; Gagnon et al., 2001; Granata and
Marras, 1995a; McGill and Norman, 1986). By directly monitoring muscle activity, EMGbased models are well suited to identify participant-specific lower back demands associated
with lower limb asymmetries of varying origins. Such EMG-driven lower back models
have been used to estimate muscle forces and the resulting lower back demands during
several ergonomic paradigms and able-bodied gait (Callaghan et al., 1999; Gagnon et al.,
2018; Jia et al., 2011; Marras and Granata, 1997b; McGill et al., 2013; McGill and Norman,
1986; Rose et al., 2013; van Dieën and Kingma, 1999) but have not yet been used to
examine lower back loading during gait asymmetries with or without load carriage.
In summary, the prevalence of LBP in asymmetric gait is very high, but research
examining lower back loading during asymmetric gait is limited.
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To date, studies of

asymmetric gait kinetic demands on the lower back have focused primarily on amputees
while using biomechanical models that were evaluated for manual materials handling with
generalized muscular recruitment strategies. The proposed research will address these gaps
in the literature through three related studies. In Study 1, a lower back musculoskeletal
model will be developed from an existing OpenSim (Delp et al., 2007) model (BeaucageGauvreau et al., 2019; Christophy et al., 2012), and used to determine lower back kinetic
demands with a participant-specific EMG-based optimization solution (Cholewicki and
McGill, 1994; Gagnon et al., 2011). The Study 1 model will be used in Study 2 to
investigate how various experimentally induced lower limb gait asymmetries affect lower
back loading. Study 3 will use the same model to examine how bi-lateral and uni-lateral
load carriage can impact lower back loading during lower limb gait asymmetries. By
examining lower back loading under different conditions of gait and load carriage
asymmetries, clinical strategies to reduce lower back demands could be developed to help
improve the quality of life for a broad range of patients with asymmetric gait.
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CHAPTER 2
REVIEW OF LITERATURE
This chapter reviews the lower back anatomy and physiology, how it is modeled
mathematically and how the lower back can become stressed.

Initially the anatomy, pain

mechanisms, sites of injury, and pain epidemiology of the lower back are described (Section 2.1).
Section 2.2 examines the methodologies and tools employed to mathematically model the lower
back musculoskeletal system and determine kinetic demands. The third section (Section 2.3)
provides an overview of gait, how the lower limbs are typically employed during a gait cycle and
how they can adapt to various circumstances, particularly gait asymmetries. The chapter concludes
(Section 2.4) by examining the lower back kinetic demands during normal and asymmetric gaits,
with some reference to other tasks for comparison.

2.1.

The Lower Back and Pain
This section will provide an anatomical background from which to better appreciate the

intricate structure, injury mechanisms, and sources of pain of the lower back. Justification for this
dissertation work will be demonstrated by highlighting the scope of lower back pain (LBP) both
for the general population and for those with asymmetric gait.

2.1.1. Lower Back Anatomy
The lower back encompasses the area of the trunk between the pelvis and the twelfth ribs
(Hoy et al., 2012), including the pelvis, fused sacral vertebrae, five lumbar vertebrae, intervertebral
discs, spinal ligaments, surrounding muscles, nerves, vascular and other connective tissues (see
Fig. 2.1.1).
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The sacrum vertebrae and pelvis are attached at the sacroiliac joint. This largely immobile
synovial joint permits the sacrum and pelvis to be modeled as a single rigid structure. The pelvis’
size, caudal location, strength, and basin-like shape produce an ideal protective cavity for internal
organs, points of attachment for powerful trunk and lower limb muscles, and an essential means
of weight transfer between the lower and upper body via the femurs and fifth lumbar vertebrae,
respectively.
The five lumbar vertebrae, identified incrementally from cranial to caudal as L1 to L5, are
boney structures consisting of a vertebral body and an extending neural arch. These elements of
the vertebrae resist loads, protect the spinal cord, restrict movement, and provide attachment points
for muscles and ligaments (Adams, 2004). Gelatinous intervertebral discs, comprised of a nucleus
pulposus surrounded radially by the fibers of the annulus fibrosus and longitudinally by vertebral
end plates, form a symphyseal connection between adjacent lumbar vertebrae.

Discs are

categorized by the superior and inferior vertebrae sandwiching them (i.e. L5/S1). Largely
avascular, most required metabolites are diffused across the disc endplates (Roberts et al., 2006).
Acting as the fulcrum of a first-class lever, each disc permits some movement in all three
anatomical planes while dampening the load transmission between adjoining vertebrae (Marras,
2008). While the lordotically stacked architecture of the lumbar spine allows the upper body center
of mass to be ideally positioned over the supporting lower limbs (Lovejoy, 2005).
The lower back skeletal muscles are categorized as either global or local, depending upon
whether they span the lower back (primarily the thoracic erector spinae, latissimus dorsi, rectus
abdominals, internal and external obliques) or attach to a lumbar vertebral process (primarily the
lumbar erector spinae, multifidus, intertransverse, psoas, and interspinal muscles), respectively
(Bergmark, 1989). The larger and more distally positioned global muscles have more potential to
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generate torques about the spine and provide most of the frontal plane spinal stiffness and overall
strength to perform tasks (Rab et al., 1997). The more mechanically restricted local muscles
maintain stability between vertebrae, while detecting and providing some control for vertebral
positioning (Bergmark, 1989; Bogduk et al., 1992a; Cholewicki and McGill, 1996; Crisco and
Panjabi, 1991). Muscles are essential to maintenance and control of spinal stability. In the absence
of trunk muscles, a completely ligamentous lumbar spine would become laterally unstable at
compressive loads well below body weight (Crisco and Panjabi, 1991).
Ligaments of the lower back include: the ligamentum flavum, supraspinous, interspinous,
posterior and anterior longitudinal ligaments, and sacroiliac ligaments. Passively these ligaments
help to maintain stability, aid disc positioning between the vertebrae, provide proprioception, and
resist non-neutral movements (Gracovetsky et al., 1981; McGill and Norman, 1986; Panjabi, 1992;
Solomonow, 2004). Energy from ligaments is ‘free’, in that it has no direct metabolic cost.
Therefore, it has been suggested that ligaments are often utilized to save energy and aid
mechanically disadvantaged muscles. This is most evident during extreme trunk flexion where
the large ligamentous contribution to the extensor moment allows the lower back musculature to
relax. Floyd and Silver (1955) coined this phenomenon “flexion-relaxation”.
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Figure 2.1.1 Anatomy of the lower back. Right panels: sagittal (top) and posterior (bottom) view of the axial
and appendicular skeleton elements of the lower back including the intervertebral discs and select ligaments;
left panels: anterior (top) and posterior (bottom) view of the trunk musculature (note: to highlight the different
muscular layers the latissimus dorsi was made transparent, and the right sides of each panel had the outer most
layer of muscles dissected); center panel: cross-sectional view of the trunk at the L4 vertebrae level. (Images
courtesy of www.anatomylearning.com)

2.1.2. Sites of Lower Back Pain (LBP) and Injury
Merskey and Bogduk (1994) defined pain as “an unpleasant sensory and emotional
association with actual or potential tissue damage…”, while Robertson (2018) has defined injury
as “damage to the cells and organs from energy exposures…” Nearly all the structures in the lower
back are susceptible to injury or pain and have nociceptors to detect any unwanted stresses or
damage (Adams, 2004; Bogduk, 1983). LBP is often diagnosed as idiopathic, in that the exact
mechanism of pain is unclear (Braun et al., 2014; Deyo and Weinstein, 2001; Hoy et al., 2010a).
However, frequently cited locations of lower back injury linked to nociceptive pain include
vertebral body endplates, the posterior longitudinal ligament, the sacroiliac joint, the outer annulus
of intervertebral discs, the apophyseal joints of the neural arch, musculotendinous junctions, and
impinged spinal nerves (Allegri et al., 2016; Golob and Wipf, 2014; Kuslich et al., 1991). The
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most common work-related diagnosis for LBP is the result of a strain to the musculature
(Andersson, 1997). Muscular pain can be linked with tissue damage, fibromyalgia, or restricted
blood flow due to fatigue (Marras, 2008). Muscles are also indirectly associated with injuries to
the vertebrae and discs. The high muscular forces inflicted upon the spine result from the
mechanical disadvantage of the muscles relative to the external forces they counter (Fig. 2.1.2a).
Collectively the external and internal forces elicit compression and shearing loads upon the
vertebral structures and discs.

The most vulnerable site of injury from acute or repeated

compressive loading are the end plates of the vertebral bodies (Brinckmann, 1986; McGill, 2007).
Compressive loads of between 2,000 – 10,000 Newtons (N) in cadaver specimens can elicit
microfractures in the end-plates (Jäger and Luttmann, 1989). Shearing, bending, and twisting
forces can cause damage at forces as low as 750 N to either the ligaments, discs, end plates or facet
joints (Adams, 2004; Gallagher and Marras, 2012). The majority of these compression and shear
injuries occur where their magnitudes upon the spine are the greatest, between the most caudal
(5th) lumbar and the first sacrum vertebras (Andersson, 1997; Arjmand et al., 2006).
Though the aforementioned thresholds may seem high and difficult to obtain, they can be
surpassed during a strenuous lift, awkward posture, or even unpredictably during submaximal
tasks (Chaffin, 1969; Cholewicki et al., 1991; McGill and Norman, 1985). Furthermore, tissue
tolerances vary and can be affected by age, recovery time, training, body position, and pathologies.
Under such circumstances, tissue injury thresholds can diminish to levels that would have
otherwise been considered harmless (Fig. 2.1.2b; Adams, 2004; Brinckmann, 1986; Brinckmann
et al., 1988; Marras et al., 2016; McGill, 2007).
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Figure 2.1.2 Figures depicting A) the mechanical disadvantage of the internal lower back and B) theoretical
tissue tolerance degradation resulting from age or repetitive loading. (Images adapted from Marras (2008))

2.1.3. Lower Back Pain Epidemiology
LBP has been defined as activity-limiting pain in the lower back lasting for at least one day
(Hoy et al., 2010b). It is been recognized as the primary cause of activity limitation and missed
days from work (Bigos et al., 1994; Yang et al., 2016). With a lifetime prevalence estimated to be
as high as 84% and point prevalence of over 9%, LBP ranks as the largest contributor to years
lived with a disability, fifth among motives for visiting a physician, and is the leading cause of
disability globally (Buchbinder et al., 2013; Hart et al., 1995; Hoy et al., 2014; Walker, 2000)). In
total, the financial burden associated with LBP has been estimated to be between $100 and $200
billion a year and growing (Balague et al., 2012; Freburger et al., 2009; Hoy et al., 2012; Katz,
2006; Liberty Mutual Research Institute for Safety, 2018). Many factors increase the probability
of experiencing LBP, including those related to social (work satisfaction, personality type,
mindset, and compensation), mechanical (heavy physical work, awkward dynamic postures, shear
loads, and lifting) and biological (age, anthropometry, chemical dependence, gender, leg length
discrepancy, and lower body injury or amputation) phenomena (Andersson, 1999; da Costa and
Vieira, 2010; Ehde et al., 2001; Marras et al., 2016, 1995; Norman et al., 1998).
In some specific populations, individuals with gait asymmetries have reported LBP point
prevalence as high as 71% (Devan et al., 2012; Ehde et al., 2001; Ephraim et al., 2005; Parvizi et
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al., 2010; Smith et al., 1999; Wolfe et al., 1996). Gait asymmetries are defined as bi-lateral
differences in lower limb kinematics or kinetics (Sadeghi et al., 2000). For those with asymmetries
as a result of lower limb amputation (LLA), LBP is often cited as being more bothersome and
prevalent than other commonly reported secondary pains like phantom limb or residual limb pain
(Smith et al., 1999). Those with gait asymmetries resulting from knee, hip or foot pain suffer from
LBP on a similar scale (Parvizi et al., 2010; Wolfe et al., 1996). The high association of LBP with
asymmetric gait is not fully understood, but has been linked to residual-limb problems, decreased
back muscle extensor strength, leg length discrepancies, a higher body mass index, and greater
lower back tissue loading (Dananberg and Guiliano, 1999; Devan et al., 2017; Friberg, 1984; Friel
et al., 2005; Giles and Taylor, 1981; Knutson, 2005b; Murray and Azari, 2015).
Individuals with gait asymmetries may only represent a small subset of the total population,
however the prevalence of such asymmetries is on the rise (Zhang and Jordan, 2010; ZieglerGraham et al., 2008). Better identification of kinematic and kinetic factors that influence lower
back loading could potentially help reduce the impact of LBP on those who exhibit asymmetric
gait.

2.2.

Lower Back Biomechanical Models
Biomechanics is defined as, “… the study of forces acting on and generated within a body

and of the effects of these forces on the tissues, fluids or materials used for diagnosis, treatment or
research purposes” (National Research Council, 2001). Due to ethical concerns, the magnitude
and distribution of forces internal to the body cannot be measured directly. Therefore, in silico
biomechanical models of the lower back have been developed to estimate these illusive internal
forces (Bogduk et al., 1992a). Biological models provide researchers a platform to quantitatively
describe and expand their interpretation of the lower back system. This section will detail how
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biomechanical models of the lower back have evolved, where they are today, and how they can
best be applied and evaluated to examine the injury risk of the lower back during asymmetric gait.

2.2.1

The Evolution of Lower Back Modeling
Through rigid-body assumptions and the application of Newton-Euler equations, inverse

dynamic modeling techniques can determine the reaction forces and moment demands of a system
during a defined task. Beginning over 100 years ago, early biomechanists Braun, Fischer, and
Eltman were amongst the first to represent the body as a series of linked rigid-bodies and apply
inverse dynamics techniques to study human motion (Selbie et al., 2014). Similar biomechanical
models specific to the lower back were later constructed (Fig. 2.2.1; Davis and Jorgensen, 2005;
Fisher, 1967). Building upon these pioneering works, lower back models would soon feature a
deterministic number of internal force generating mechanisms, i.e. muscles and ligaments, to better
estimate spinal demands (Chaffin, 1969; Morris et al., 1961; Troup, 1965). Determinacy in this
instance refers to there being enough system equations to solve for the unknown variables. Despite
such simplifications to the anatomy, the results from these landmark works were well correlated
with measured levels of muscle activation, joint torque potential, and intra-abdominal pressure.
Furthermore, they provided invaluable insights into the demands of the lower back during sagittal
plane lifting tasks and eventually helped establish workplace standards for manual materials
handling tasks (NIOSH, 1981; Waters et al., 1993).
As processing speed and memory evolved with increases in computing power, so did lower
back biomechanical models. Optimization software algorithms and measured muscular activation
have allowed researchers to expand beyond a deterministic number of muscles and take into
consideration each participant’s recruitment strategy (Brown and Potvin, 2005; Cheng et al.,
1998b; Cholewicki and McGill, 1994; El-Rich et al., 2004; Gagnon et al., 2001; Gracovetsky et
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al., 1977; Granata and Marras, 1995a; Jäger and Luttmann, 1989; Marras and Sommerich, 1991b;
McGill and Norman, 1986; Nussbaum et al., 1995a; Schultz and Andersson, 1981; Stokes and
Gardner-Morse, 2001; van Dieën, 1997). Computer advancements and data acquisition techniques
have continued to permit more comprehensive representations of internal forces, quantification of
dynamic movements, and the examination of three-dimensional movement tasks (Ayoub and ElBassoussi, 1976; de Looze et al., 1992; Fisher, 1967; Freivalds et al., 1984; Kingma et al., 1996;
McGill and Norman, 1985; Plamondon et al., 1995).

As a result, in the past 20 years,

biomechanists have developed more biologically complete and individual-specific lower back
models that more precisely include biological features such as inter-abdominal pressure (IAP)
(Arjmand and Shirazi-Adl, 2006a; Daggfeldt and Thorstensson, 1997; Stokes et al., 2011), Hilltype muscle model properties (Christophy et al., 2012), non-linear muscle paths (Hwang et al.,
2017), vertebral compression loading responses (Shirazi-Adl, 2006), partitioning of muscles into
multiple muscle slips (de Zee et al., 2007; van Dieën and Kingma, 1999), translating points of
rotation (Ghezelbash et al., 2015), and balancing moments at multiple lumbar levels (Arjmand and
Shirazi-Adl, 2006a; Stokes and Gardner-Morse, 1995). The additional computational cost of some
of these features is not always warranted. All features have trade-offs to consider. Therefore, a
key to effective modeling is to decide which biological and modeling design features are necessary
to answer a research objective (Marras, 2008).
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Figure 2.1.3 Select biomechanical models of the lower back. Panel A) Chaffin (2006), B) Chaffin (1969), C)
Cappozzo and Gazzani (1982), D) Schultz and Andersson (1981), E) McGill and Norman (1986), F) Marras and
Granata (1995), G) El-Rich et al. (2004), and H) Beaucage-Gauvreau (2019). See specified references for
complete details of each model.

2.2.2. Approaches to Solving Indeterminacy
Each model component can contribute to the accuracy of the calculated lower back
demand. A critical modeling decision is how to distribute the internal active and passive tissue
forces that are responsible for an observed kinematic response (Marras, 2000). When the model
incorporates more unknown internal force-producing structures (i.e. muscles and ligaments) than
independent equations of motion, there are an infinite number of possible solutions that can satisfy
the kinetic demands of the task (Schultz, 1990). As previously stated, researchers often choose to
either neglect individual tissues altogether, reduce the number of muscles to a deterministic
number, apply a generic optimization technique, or use physiological information to quantify
muscle recruitment (Callaghan et al., 1999; Chaffin, 1969; Dolan and Adams, 1993; Dreischarf et
al., 2016; Granata and Marras, 1995a; Hansen et al., 2006; Kingma et al., 2001, 1996; Marras,
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2008; McGill and Norman, 1986; Morris et al., 1961; Schultz and Andersson, 1981; Stokes and
Gardner-Morse, 1995; Troup, 1965).

There are tradeoffs associated with each approach.

Neglecting or reducing the number of muscles to a deterministic number of results in a
straightforward solution, but these methods fail to properly represent the complexities of the lower
back anatomy and the control strategies of the central nervous system. Therefore, such simplified
models do not accurately quantify joint loading, especially during asymmetrical tasks (Marras,
2000; Schultz, 1990). Optimization techniques such as minimizing the sum of the squared muscle
activation (Crownshield and Brand, 1981) can accommodate a large number of unknown forces
and balance joint moment demands, but do not take into consideration individual subject
recruitment strategies between participants or antagonistic muscle coactivations (Gagnon et al.,
2001).

The opposite is true for directly applying measured physiological responses

(electromyography or EMG) to help solve the redundancy issue, as EMG-driven models reflect
individual recruitment strategies but have difficulty in satisfying all the joint moment demands
(Cholewicki et al., 1995; Lloyd and Besier, 2003; van Dieën, 2005).
In light of the aforementioned limitations, an EMG optimization method (EMGopt) was
developed by Cholewicki and McGill (1994). By minimally adjusting the measured EMG
activations to match the calculated joint demands, EMGopt is capable of mediating the flaws of
both the optimization and EMG approaches while simultaneously incorporating their advantages
(Choi and Vanderby, 1999; Cholewicki et al., 1995; Gagnon et al., 2001; Li and Chow, 2019).
EMGopt delivers balanced joint moments that are inspired by individual recruitment strategies.

2.2.3. Defining Trunk Musculoskeletal Model Strength Potential
The torque generating potential of the trunk musculature can be affected by age, health
status, trunk position, direction, and gender (Burkhart et al., 2018; Graves et al., 1990). During
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neutral postures, sagittal plane strength is roughly 100 and 300 Nm for flexion and extension,
respectively (Graves et al., 1990; Kienbacher et al., 2014; Smidt et al., 1983; Troup and Chapman,
1969). Individually adjusting the strength potential of a musculoskeletal model to better match an
individual’s capabilities can improve model fidelity (Davis and Jorgensen, 2005). Overall model
strength can be modified by adjusting the number of muscles contributing to a given moment,
contributions from antagonistic co-contraction, the associated muscle moment arms about a given
joint, muscle pennation angle, muscle dynamics, and the prescribed physiological cross-sectional
area (PCSA) and maximal muscular stress (MMS) of each muscle (Umberger and Caldwell, 2014).
PCSA (cm2) and MMS (N/cm2) interact to provide a maximal isometric force (N) for each
muscle. PCSA is the cross-sectional area of a muscle taken perpendicular to the muscle fibers, or
the muscle volume divided by the fiber length. PCSA can be measured from either cadaver
dissections or medical images (Caldwell, 2014; Narici, 1999). MMS, or specific tension, is a
measure of the force per cross-sectional area of a muscle. MMS can vary between muscles and is
difficult to directly define from in vivo experimentation (Buchanan, 1995). Therefore it is often
assumed to be constant across muscle groups and is calculated indirectly from the ratio of a
recorded maximum joint moment and the sum of the products of muscle moment arms and PCSA
(Buchanan, 1995). In musculoskeletal models, MMS can be conceptualized as an adjustable gain
to fine-tune or evaluate a model’s force producing potential (Granata and Marras, 1995a; van
Dieën, 2005). For the trunk muscles, reported values range between 25-130 N/cm2 (Bogduk et al.,
1992b; Daggfeldt and Thorstensson, 2003; Hwang et al., 2016; McGill and Norman, 1987; van
Dieën, 2005).
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2.2.4. The Hill-Type Muscle Model
To compute the force potential of individual muscles and fascicles in their musculoskeletal
models, many use some variation of a model developed by Nobel laureate A.V. Hill (Caldwell,
2014; Hill, 1938; Millard et al., 2013; Zajac, 1989). The “Hill-type model” estimates force based
on the state of the musculotendon unit relative to some predefined physiological characteristics.
Each Hill-type muscle traditionally has three separate components that contribute to force and
represent aggregate structural behaviors of the muscle (Millard et al., 2013; Thelen, 2003; Zajac,
1989), including the contractile (CC), series elastic (SEC), and parallel elastic (PEC) components
(Fig. 2.2.2a).
The intent of muscle is to produce force (Chapman, 1985). The CC represents active force
production controlled by excitation signals from the central nervous system to produce force. The
CC force depends on the optimal force (see Section 2.2.2), length, velocity, and activation level of
the muscle fibers. There is an optimal length from which a muscle can produce the most force.
Any deviation from this length reduces the muscles force potential.

In Thelen’s (2003)

mathematical representation of the Hill-type model, the force-length property of the CC for each
muscle is represented by a Gaussian function peaking at a muscle specific optimal fiber length and
a common shape factor (Fig. 2.2.2b). Similarly, muscle force potential also depends on the rate of
the shortening or lengthening.

The force-velocity properties for eccentric and concentric

contractions are modeled with rectangular hyperbolas on opposing sides of a muscle specific
isometric force potential (Fig. 2.2.2c). The CC force is further dictated by its activation level, with
a nonlinear relationship reflecting the neural excitation to activation process associated with the
intent of the central nervous system and the initiation of force within the muscle fiber. The
resulting CC force is applied to the passive SEC prior to transmission to a body segment. The
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SEC responds to this CC force via a nonlinear elastic force-extension relationship according to
tendon strain properties and a resting slack length (Zajac, 1989). The SEC length changes
influence the CC kinematics. Therefore, the passive SEC indirectly influences the active force
capabilities through the CC force-length and force-velocity characteristics that are linked to the
tendon dynamics. The PEC behaves independently from both the CC and the SEC. It encompasses
the passive nonlinear elastic behavior of muscle in the absence of CC activation and is defined
with a standard shape factor and passive strain linked to the isometric potential of the muscle
(Zajac, 1989). When the CC is activated, the force from the PEC combines with the CC force to
produce the total force exerted by a muscle at both its insertion and origin.

Figure 2.2.1 A Hill-type muscle model. Panel A) the three-components of the Hill-type muscle model including
the contractile (CC) at a prescribed pennation angle (Ɵ), series elastic (SEC), and parallel elastic (PEC)
components, B) the normalized force-length relationship of the active CC, the passive PEC, and their combined
total force, C) the normalized force-velocity relationship of the CC. (Images adapted from Thelen (2003))

2.2.5. Lower Back Models Applied to Gait
In the early 1980s, Aurelio Cappozzo was the first to apply biomechanical modeling
techniques to study loading in the lower back during both normal and asymmetric gait. His models
were three-dimensional but only assigned a determinant number of back muscles (bi-lateral flexors
and extensors) to be responsible for the calculated joint kinetics. He computed L3/L4 vertebral
compression by assuming the minimal amount of muscle activation necessary to simultaneously
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balance the sagittal and frontal plane L3/L4 disc level moments from a top-down link-segment
model (Cappozzo, 1984, 1983, 1981; Cappozzo et al., 1982).

Although this was a relatively

simple model, the results compared favorably to in vivo measurements of intradiscal pressure
(Nachemson and Elfstrom, 1970) and to measured EMG recordings (Cappozzo, 1981; Cappozzo
and Gazzani, 1982).
Over the next thirty-years, there were a limited number of investigations and modeling
changes applied to the examination of lower back gait loading (Callaghan et al., 1999; Cromwell
et al., 1989; Khoo et al., 1995). Cromwell et al. (1989) repurposed a detailed 22-muscle lower
back model (Schultz and Andersson, 1981) to calculate muscle and L3/L4 compressive forces in
normal gait based upon the EMG from calibrated tasks. Khoo et al. (1995, 1994) developed a twodimensional model that incorporated IAP and calculated shear loads during normal gait. In one of
the more thorough studies of lower back loading during gait, Callaghan et al. (1999) compared a
variety of cadences applying both a three-dimensional bottom-up link-segment model and an
anatomically detailed, EMG-driven spine model which included passive ligamentous structures
(McGill and Norman, 1986). Their results demonstrated, among other things, that the upright and
near neutral postures maintained throughout gait permit only small passive contributions to joint
moments. In contrast, consideration for muscular forces can more than triple compressive loading
estimates (Callaghan et al., 1999).
More recent studies of lower back loading during gait have utilized highly detailed models
based in AnyBody (AnyBody Technology A/S, Aalborg, Denmark) and OpenSim (SimTK,
Stanford, CA; Actis et al., 2018b; Angelini et al., 2018; Arshad et al., 2018; Raabe and Chaudhari,
2016; Yoder et al., 2015), finite element modeling techniques (Hendershot et al., 2018; Shojaei et
al., 2016), established lifting models (McGill et al., 2013; Rose et al., 2013), or reverted back to
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more straightforward link-segment models (Hendershot and Wolf, 2014; Seay et al., 2008; Yu et
al., 2014). These approaches have been applied across a variety of gait conditions and tasks and
have demonstrated that bottom-up approaches are more sensitive to transient foot-ground contact
factors (Callaghan et al., 1999; Hendershot and Wolf, 2014), loading varies by lumbar level
(Arshad et al., 2018; Rose et al., 2013; Shojaei et al., 2016), and IAP forces can reduce joint
demands (Arshad et al., 2018). For more details on the lower back loads these models have
calculated across a variety of tasks, see Sections 2.4.4. – 2.4.6.

2.2.6. OpenSim
OpenSim is an open-source software platform that allows users to readily construct and
share musculoskeletal models (Delp et al., 2007). It was developed to improve the transparency
of biomechanical models and accelerate our understanding of the human system by combating the
difficulty of distributing musculoskeletal models outside of their laboratory of origin. Since its
inception, hundreds of musculoskeletal models have been developed and refined by research teams
from around the world. Most of these models are freely available to the public on the SimTK
website (https://simtk.org/projects).
Within OpenSim there are several modeling tools that can be applied to analyze measured
motion capture data. The scaling tool scales a given model to match a participant’s size, based on
the relative distances between pairs of markers during a calibration pose (Delp et al., 2007). The
inverse kinematics tool calculates the generalized coordinates of each body segment during a
recorded motion, using a least-squares method to minimize the difference between the recorded
kinematics and the model while accounting for the joint constraints of the model. If external
kinetics are available, the kinematics can be further refined with a reduce residuals tool which
minimizes the differences between the subject and model by subtly adjusting the segmental mass
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properties. This step allows the model to become more dynamically consistent, better representing
Newton’s law of acceleration (Delp et al., 2007), but requires an accurate representation of all
external reaction forces. The inverse dynamics tool can be applied to determine the net joint
reactions and moments during recorded motion following kinematic analysis. Further analyses
with either the static optimization or computed muscle control tool can be used to determine muscle
forces that can produce the calculated joint moment demands (Delp et al., 2007; Thelen and
Anderson, 2006). Joint reaction analysis can be performed to determine the combined effect of
reaction and muscular loading on a ‘tissue’ of interest. These OpenSim tools can be accessed with
a Graphical User Interface, an application programming interface (API), or other third-party
scripting languages (Lee and Umberger, 2016; Mansouri and Reinbolt, 2012; Seth et al., 2011).

2.2.7. OpenSim Lower Back Model(s)
Christophy et al. (2012) developed the first detailed OpenSim model of the lower back,
closely resembling an earlier commercial model (de Zee et al., 2007). The Christophy et al. (2012)
model features a rigid sacrum welded to a rigid pelvis, a rigid torso, and five lumbar vertebrae.
Lumbar segment motions are controlled by 238 Hill-type muscle fascicles representing the eight
primary muscle groups of the lower back (Hill, 1938; Thelen et al., 2003; Zajac, 1989). The eight
bi-laterally symmetric muscle groups featured in the model are the erector spinae, rectus
abdominis, internal obliques, external obliques, psoas major, quadratus lumborum, multifidus, and
latissimus dorsi. Properties of individual muscles (i.e. attachment sites, moment arms, maximal
isometric force, pennation angle, fiber length, and stiffness) and segments (i.e. axis of rotation,
inertia, mass, and size) were based upon referenced literature (Christophy et al., 2012). Each of
the five lumbar vertebrae are connected to adjacent vertebrae by six degree-of-freedom joints,
though the lumbar region as a whole has only three degrees-of-freedom. Kinematic constraints
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are imposed that negate translational movement between joints and the individual rotations of each
lumbar vertebrae are expressed relative to the rotation between the thorax and pelvis (Fujii et al.,
2007; Rozumalski et al., 2008; Wong et al., 2006). Other simplifications for added usability of
the model include neglecting the passive contribution of ligaments, facet joints, and intraabdominal pressure. The model was evaluated by comparing computed model muscle moment
arms at various flexion and extension angles with those reported in the literature.
Several research teams have further developed the original Christophy et al. (2012) model
to satisfy their own research objectives (Actis et al., 2018a; Beaucage-Gauvreau et al., 2019; Bruno
et al., 2015; Meng et al., 2015; Raabe and Chaudhari, 2016; Senteler et al., 2016; Zhu et al., 2017).
Both Meng et al. (2015) and Senteler et al. (2016) implemented stiffness matrices to better define
the movement between vertebrae in place of kinematic restraints that reduced muscular demand
and vertebral loading (Meng et al., 2015). Bruno et al. (2015) further developed the thoracic
segment of the model to include articulating thoracic vertebrae and ribs and homogenized muscle
properties. Three groups (Actis et al., 2018a; Raabe and Chaudhari, 2016; Zhu et al., 2017) each
independently increased the functionality of the model by integrating it with other OpenSim
musculoskeletal models of the neck, lower, and upper bodies (Anderson and Pandy, 1999; Arnold
et al., 2010; Delp et al., 1990; Hamner et al., 2010; Holzbaur et al., 2005; Vasavada et al., 1998).
These full-body models have up to 324 muscle fascicles, 23 body segments, and 49 degrees of
freedom and have been used to examine lower back loading during fatigued running (Raabe and
Chaudhari, 2018), lifting (Beaucage-Gauvreau et al., 2019; Kim and Zhang, 2017), and amputees
during sit-to-stand (Actis et al., 2018b) tasks. Prior to implementation, each model was indirectly
evaluated against the existing literature or more directly with measured demands from their own
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participants (Nachemson, 1965; Raabe and Chaudhari, 2016; Sato et al., 1999; Takahashi et al.,
2006; Wilke et al., 2001).

2.2.8. Evaluation of a Biomechanical Model
Variability and errors for lower back model predictions can result both from inconsistency
in participant task performance and assumptions within the model (Granata et al., 1999; Marras et
al., 1999b; Mirka, 1991; Nussbaum et al., 1995b; Sparto et al., 1998). In order to have confidence
in predicted output measures and avoid faulty inferences, a model should first be validated.
Validation is a process in which model outputs are compared to real-world results (Thacker, 2001).
Unfortunately, our inability to ethically and accurately quantify internal forces in the body makes
validation nearly impossible (Oreskes et al., 1994). In lieu of a ‘gold standard’ with which to
validate a given model, there are a number of established best practices that can help us evaluate
our results and instill confidence in the predictions from a model (Anderson et al., 2007; Hicks et
al., 2015; Lewandowski, 1982).
Musculoskeletal models of the lower back should be built on the basis of well-established
natural laws, discriminate between cause and effect, and be deterministic (Cholewicki and McGill,
1996). Lewandowski (Lewandowski, 1982) and Hicks et al. (2015) have both proposed processes
of component evaluation, internal validity checks, sensitivity analysis, peer evaluation,
implications of assumptions, minimizing complexity, and judgmental evaluation.

These

recommendations suggest that larger models should be based upon component sub-models that
preserve physical laws and that have been directly validated whenever possible, or evaluated when
only indirect methods are available (van den Bogert and Nigg, 2006). The effect that each input
variable has on the model output should be determined within a realistic range, be both logical and
explainable, and compared with available data and other applicable models. Each of these steps
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present challenges, but such demands are not insurmountable and are necessary to better ensure
that predictions from models can advance their field of application (Hicks et al., 2015).

2.3.

Gait
This section on gait will focus on lower limb kinematics and kinetics, specifically in normal

able-bodied gait and some forms of abnormal or perturbed gait related to asymmetries. The aim
of this section is to provide information about how the lower limbs adapt to different gait demands.
The effect of these adaptations on the lower back will be addressed in the subsequent section
(Section 2.4.). Neurologically modified gait (i.e. from a stroke or diabetes, see reviews by
Lauziere et al. (2014) and Alam et al. (2017)) will not be discussed further, nor will prosthetic
designs and their effect on gait (see Godfrey et al. (1977), Selles et al. (1999), and Hafner et al.
(2002)).

2.3.1. Gait Lower Limb Kinematics and Kinetics
Walking is a fundamental method of bipedal locomotion which allows movement of the
body from point-to-point (Saunders et al., 1953). Healthy individuals walk at an average speed of
1.32 m/s (Boyer et al., 2017) and are recommended to take upwards of 10,000 steps each day to
promote good health and to maintain aerobic and musculoskeletal conditioning (Nutter, 1988;
Tudor-Locke et al., 2011).
A step results each time a foot strikes the ground in the direction of progression, regardless
of limb side. A gait cycle consists of two consecutive steps, or a single stride, and is subdivided
into a limb’s stance and swing phase. The stance, or support, phase incorporates the portion of the
gait cycle where the foot is contact with the ground. Stance phase can be further subcategorized
sequentially by the initial heel strike, mid-stance, and terminal toe-off instances (Vaughan et al.,
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1999; Winter, 1987). Double support periods occur at the beginning and end of each stance and
differentiate walking from running (Gage, 1990; Novacheck, 1998). The swing phase consists of
initial, mid, and terminal swing phases (Vaughan et al., 1999; Winter, 1987). Steps and strides are
often quantified both temporally and spatially. Step lengths are calculated as the distance between
contralateral feet at heel strike (Finley et al., 2015; Zatsiorky et al., 1994) and average 0.70 meters
over a 0.52 second duration for healthy young adult gait (Boyer et al., 2017).
The center of mass travels in a sinusoidal path throughout the gait cycle in both the sagittal
and transverse planes, reaching its vertical and lateral zeniths near midstance in single support and
vertical nadirs in mid-double support (Saunders et al., 1953). The lower limbs aid in propelling
the center of mass along this path of progression. At heel contact the hip is flexed and knee is
extended while the ankle joint is relatively neutral. The initial braking resistance of the ground is
cushioned with a resistive internal dorsiflexor moment at the ankle and subtle internal flexion
moment at the knee. During single support, the ankle plantarflexes as the hip and knee extend.
Both the hip and ankle internal joint moments facilitate in progressing the body and keeping it
upright against gravity. The ankle maintains a plantarflexion moment throughout the rest of
stance, however prior to toe-off the hip begins to slow down it’s extension in preparation of the
swing phase. Meanwhile, the knee is controlled by a flexion moment due to the active ankle
plantar flexor gastrocnemius which also crosses the knee joint and leads to a slightly flexed knee
posture to help dampen impact stresses. In the frontal plane, strong hip abductors minimize pelvic
and trunk drop throughout stance. The propulsion power produced by the ankle and hip during
terminal stance minimizes the amount needed to actively swing the leg in the direction of
progression. During swing, some ankle dorsiflexion and knee flexion is necessary for toe
clearance and to facilitate transfer of angular momentum. At terminal swing, hip extensor and
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knee flexor joint moments slow down the leg’s momentum and prepare for contact with the ground
as the cycle begins again (Gage, 1990; Winter, 2009). Leg dominance can lead to some bi-lateral
kinematic, kinetic, and functional differences in normal able-bodied individuals, but these
magnitudes are typically minimal and insignificant (Dingwell et al., 1996; Gage, 1990; Gundersen
et al., 1989; Hannah et al., 1984; Herzog et al., 1989; Sadeghi et al., 2000; Zatsiorky et al., 1994).

2.3.2. Clinical Gait Asymmetries
Clinical abnormalities such as uni-lateral lower limb amputation (LLA), presence of
osteoporosis in the leg joints, and casting most often result in slower and mal-adaptive gaits
(Constantinou et al., 2014; Dananberg and Guiliano, 1999; Froud et al., 2014; Gulgin et al., 2018).
During stance, for both transtibial and transfemoral LLA gait, the hip joint will increase power
production in lieu of the ankle plantar flexion to propel the center of mass and initiate leg swing
(Sagawa et al., 2011). Stance times and knee flexion angles of the prosthetic limb are often reduced
relative to the contralateral side, an adaptation that is accredited to user uncertainty in the stability
of the prosthetic and knee joint (Sagawa et al., 2011; Sanderson and Martin, 1997). Many
amputees increase frontal plane pelvic obliquity to void tripping because they can no longer
voluntarily dorsiflex the ankle during mid swing (Su et al., 2007). Furthermore, the pelvis has
been shown to increase its transverse plane range of motion to help maintain a preferred step length
(Rabuffetti et al., 2005; Rueda et al., 2013). Similar compensations can occur in non-amputees
with uni-lateral osteoporosis, injuries, or deformities to the leg (Constantinou et al., 2014;
Dananberg, 1993; Dananberg and Guiliano, 1999; Ornetti et al., 2010).
Nearly 90% of the general population display leg-length asymmetry that averages around
5 mm (Knutson, 2005a). However, clinically significant levels of leg-length asymmetry of 20 mm
are only prevalent in only 2.6% of the population (Gross, 1978; Knutson, 2005a). Adolescents are
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often the population of interest for leg-length inequality studies (Kaufman et al., 1996; Perttunen
et al., 2004), with the objective of diagnosing the condition in time for corrective measures.
Studies in leg-length inequality have presented stance times, ground reaction forces, hip flexion,
knee flexion, hip abduction, pelvic obliquities, and knee extensor moments that are typically
greater for the longer limb (Gofton, 1971; Kaufman et al., 1996; Khamis and Carmeli, 2017; Liu
et al., 1998; Perttunen et al., 2004; Walsh et al., 2000). These compensations are hypothesized to
occur in attempt to lengthen the shorter limb, and to shorten the longer limb (Assogba et al., 2018;
Kaufman et al., 1996; Khamis and Carmeli, 2017; Walsh et al., 2000).
Casting and walking boots are used to restrict the ankle joint following orthopedic injuries.
These interventions not only limit the ankle joint’s mobility and increase the mass of the lower
limb, but also result in an inequality of leg-lengths due to the boot/cast’s sole thickness. Therefore,
the lower limb gait kinematics and kinetics of the knee, hip, and pelvis generally resemble those
reported for individuals with leg-length inequalities and LLA (Gulgin et al., 2018; Pollo et al.,
1999; Powell et al., 2012; White et al., 1999; Zhang et al., 2006).

2.3.3. Artificial Gait Asymmetries
There are several scenarios where gait can be acutely asymmetrical or unnatural. Load
carriage is a common everyday task that involves transporting an object from one location to
another. Historically, load carriage research has focused on the energetics demands in combat
soldiers (Goldman, 1962; Knapik et al., 1996; Legg, 1985; Lind and McNicol, 1968), however
there are numerous studies examining biomechanical adaptions (e.g. Badawy et al., 2018; Seay,
2015). Self-selected walking speed during load carriage is typically lower than during normal gait
(Nottrodt and Manley, 1989; Zatsiorky et al., 1994). Loads can be carried in a pack (i.e. backpack,
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sidepack, or rucksack) or in the arms either bimanually or one-handed (Datta and Ramanathan,
1971; Legg, 1985).
Martin and Nelson (1986) revealed that during rucksack load carriage of up to 36 kg, stride
length and swing time decrease while stride rate, trunk forward inclination angle, and doublesupport time all increase. In addition, increased hip flexion angles, greater knee flexion, increased
ankle dorsiflexion, ankle and knee work, and increased pelvic anterior tilt have been identified as
biomechanical adaptations to symmetrical rucksack and backpack load carriage (Huang and Kuo,
2014; Knapik et al., 1996; Majumdar et al., 2010; Seay, 2015; Wang et al., 2013). Asymmetrical
carriage of a sidepack, loaded up to 20% of a participant’s body weight can produce large
differences in the contralateral frontal plane demands of the lower limb (DeVita et al., 1991).
These kinematic adaptations to load carriage have been accredited to a modified center of mass
location, and an attempt to reduce the lower limb kinetic demands brought on by the added load
(Chow et al., 2005; Seay, 2015; Tilbury-Davis and Hooper, 1999; Wang et al., 2013).
Single arm load carriage increases the support time and hip demands of the contralateral
leg, ipsilateral leg toe-out during stance, and overall step width (An et al., 2010; Bergmann et al.,
1997; Crowe and Samson, 1997; Neumann, 1996; Wang and Gillette, 2018; Webb and Bratsch,
2017). Bi-lateral load carriage with arms at the side result in less demands on lower limb joints
than does one-handed asymmetric load carriage (Neumann et al., 1992; Neumann and Cook, 1985)
or bi-laterally holding the load in front of the trunk (Nottrodt and Manley, 1989).
To date, a biomechanical assessment of load carriage with an existing asymmetric gait has
not been conducted. However, Ganguli and Datta (1977) compared the energy expenditure of
below knee amputees and able-bodied controls for one-handed verses bi-lateral load carriage.
One-handed load carriage of 7.5 kg had the same level of energy expenditure regardless of
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amputation side and a lower level of expenditure than did bi-lateral side carrying of 15.0 kg. LLA
also were more sensitive to load carriage than were able-bodied controls (Ganguli and Datta,
1977).
Gait alterations to lower limb inertial changes in the able-bodied are of interest to
prosthetists and scientists studying motor control adaptions and energetics (Noble and Prentice,
2006; Reid and Prentice, 2001; Royer and Martin, 2005). Adding as little as 2 kg to the lower
limbs can lead to hip, knee, and ankle adaptions during swing to insure both toe clearance and
control of the added inertia, but results in minimal changes to stance kinematics and kinetics
(Noble and Prentice, 2006; Reid and Prentice, 2001). Asymmetrically adding weight decreases
the stance and increases the swing durations of the weighted limb relative to the unweighted limb
(Skinner and Barrack, 1990). Modifying the moment of inertia or mass properties of the leg both
similarly affect energetic costs (Royer and Martin, 2005). When adjusting to an asymmetric load,
able-bodied participants require between 1 and 5 minutes of walking to settle upon a consistent
gait (Noble and Prentice, 2006; Smith and Martin, 2007).
A treadmill is often utilized to study gait because of the convenience and control it provides
(Alton et al., 1998; Riley et al., 2007; Taylor et al., 1996). Unfortunately, treadmill gait has
demonstrated some subtle biomechanical differences compared to over ground walking (Alton et
al., 1998; Matsas et al., 2000; Mazaheri et al., 2016; Owings and Grabiner, 2004, 2003; Riley et
al., 2007; Taylor et al., 1996; Zatsiorky et al., 1994). The differences between treadmill and over
ground gait appears to be primarily associated with familiarization and can be minimized by
allowing time for inexperienced treadmill walkers to acclimate, reportedly between 4 and 6
minutes of steady walking or roughly 400 steps (Matsas et al., 2000; Owings and Grabiner, 2003;
Taylor et al., 1996).
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Split-belt treadmills are utilized in both the clinic and for research purposes (Ada et al.,
2003; Dietz et al., 1994). During split-belt gait, each leg can be exposed to a different belt speed
to encourage gait asymmetry. When healthy able-bodied individuals are perturbed by a split-belt
treadmill, they initially take asymmetric steps (Finley et al., 2015; Malone et al., 2012). After
roughly 200 strides, participants adjust both their temporal and spatial step parameters to a steadystate gait pattern with a step length symmetry (Choi and Bastian, 2007; Finley et al., 2013; Reisman
et al., 2005). However, the gait patterns developed by each limb during split-belt walking are
different both kinematically and kinetically than those at a similar speed on a conventional
treadmill (Roemmich et al., 2012; Roper et al., 2017).
To better understand prosthetic gait, researchers and engineers have designed lower limb
prosthetic simulators for able-bodied individuals (Brown et al., 2018; Lemaire et al., 2000;
Ramakrishnan, 2014; Vanicek et al., 2007).

Prosthetic simulators typically either restrict

movement at one or more joints or artificially ‘replace’ a fully flexed shank. Though they are not
physiologically capable of mimicking prosthetic gait, these simulators have demonstrated
reductions in un-restricted limb step length and overall gait speed (Brown et al., 2018; Lemaire et
al., 2000; Vanicek et al., 2007) reminiscent of the adaptations observed while new amputees first
learn to walk (Seroussi et al., 1996).

2.4.

Lower Back Demands During Gait
Numerous studies have quantified lower back kinematics and kinetics both directly and

indirectly during a myriad of tasks, including normal and asymmetric gait. Here, the magnitude,
timing, causality, and measurement technique for assessing lower back demands from these studies
will be emphasized. For reference, most demands will be compared relative to either body weight,
a static standing loading/posture, other tasks, or a control scenario. An aim of this section is to
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support in silico biomechanical modeling and identify a potential research gap as it pertains to
induced asymmetric gait.

2.4.1. Kinematics of Lower Back During Gait
Lower back kinematics are generally represented as three Cartesian angles of the
trunk/thorax relative to the pelvis (Pearcy, 1986; Wu et al., 2002). Motion capture markers or
goniometers positioned above the first lumbar vertebrae and on the sacrum or iliac spines define
the trunk and pelvis segments, respectively. The rotational sequence computing the angles is most
often initiated in the sagittal plane (Baker, 2001) with the final two rotation sequence orders
varying by task. Reported angles are traditionally zeroed about a comfortable standing posture.
Walking speed, cadence, and or level of amputation can increase kinematic measures of
the trunk (Callaghan et al., 1999; Feipel et al., 2001; Hendershot et al., 2018; Hendershot and Wolf,
2014; Kubo et al., 2006; van der Hulst et al., 2010) and therefore affect direct comparisons between
individuals and studies (Rowe and White, 1996). Other sources of measurement variance are
attributed to walking environment (Alton et al., 1998; Lee and Hidler, 2008; Yang and King, 2016),
presence of lower back pain (LBP) (Selles et al., 2001), and limitations of motion capture (Della
Croce et al., 2005).
To assist in forward progression, a small trunk flexion bias is present throughout the gait
cycle (Ceccato et al., 2009; Whittle and Levine, 1995). Peak trunk flexion and extension coincides
with center of mass speed fluctuations occurring around heel-strikes and toe-offs (Callaghan et al.,
1999; Crosbie et al., 1997; Rice et al., 2004). The total trunk range of motion in the sagittal plane
is generally low and less than 10-degrees. Transverse and frontal plane lower back kinematics
both oscillate about neutral during symmetric gait. Lateral flexion peaks reach roughly 5-degrees
during contralateral toe-off while a second local peak can occur during swing as the trunk and
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whole-body center of mass prepares for the next heel-strike. Axial rotation in the transverse plane
exhibits a cyclic pattern throughout the gait cycle, with mirroring rotational peaks of roughly 10degrees near ipsilateral heel-strikes to counter the pelvic twisting associated with stride
lengthening (Callaghan et al., 1999; Hendershot and Wolf, 2014; Rice et al., 2004; Thorstensson
et al., 1984; Yoder et al., 2015). Even at high walking velocities, the range of motion in any of the
three planes does not exceed 40% of maximum (Feipel et al., 2001).
Asymmetric gait lower back kinematics are generally similar to healthy controls, with the
marked exceptions that all ranges of motion are larger globally, with more sagittal plane flexion
bias, more in sync thoracic and pelvic axial rotation, and greater lateral flexion during the
residual/healthy stance (Dananberg and Guiliano, 1999; Goujon-Pillet et al., 2008; Hendershot and
Wolf, 2014; Kakushima et al., 2003; Morgenroth et al., 2010; Resende et al., 2016; Seay, 2015;
Selles et al., 2001; Yoder et al., 2015). These adaptations are attributed to a decreased strength in
the residual/healthy limb, prosthetic limitations, load counter balancing, and guarding against falls
(Azizan et al., 2018; Devan et al., 2014; Sagawa et al., 2011; Seay, 2015).

2.4.2. Muscle Activity During Gait
Electromyography (EMG) measures the motor unit action potentials of the surrounding
muscular tissue. Activation levels are generally associated with participant-specific muscular
contraction intensity and therefore muscular force. Noninvasive surface EMG normalized to a
value obtained during maximal effort is a well-established means of reporting muscular activity
during most tasks (Kamen and Caldwell, 1996). Surface EMG measurements from superficial
trunk muscles has been shown to correlate well with the task demands and with the activity of
deeper adjacent muscles measured with intramuscular EMG (Dolan and Adams, 1993; McGill et
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al., 1996; Zetterberg et al., 1987). For the trunk muscles, the level of muscle activation can greatly
influence vertebral loading (Granata and Marras, 1995b).
EMG estimates during gait reflect the kinematic and kinetic demands of the task (Callaghan
et al., 1999; Cappozzo, 1984; Ceccato et al., 2009; Thorstensson et al., 1984; Waters and Morris,
1972). Back extensor and agonistic trunk rotator muscle activity both reach peaks of ~10% of
maximum in response to the peak flexion and axial twist occurring at contralateral heel strike
(Carlson et al., 1988; Waters and Morris, 1972). To limit extension and enhance stability of the
trunk, abdominal flexors constantly maintain a low level of activity throughout the gait cycle,
while local lumbar muscles co-contract simultaneously to restrict movement in the frontal plane
(Thorstensson et al., 1982; Waters and Morris, 1972). Activation patterns remain similar with
increases in walking speed, but mean amplitudes increase across all trunk muscles along with trunk
stiffness (Anders et al., 2007; Callaghan et al., 1999; Kubo et al., 2006).
Mal-adaptive gaits can affect the muscular activity of the trunk. Erector spinae activity has
more sustained activity during double support transitions in lower limb amputee (LLA) gait
(Butowicz et al., 2018; Jaegers et al., 1996). Muscular activity during carrying tasks is influenced
by load, load location, and gender (Bobet and Norman, 1984; Cook and Neumann, 1987; Knapik
et al., 1996; McGill et al., 2013; Rose et al., 2013). One-handed and anterior load carrying has
been shown to significantly increase activity during both 10 and 20% body weight loading
conditions (Cook and Neumann, 1987). These findings have been corroborated with increased
frontal plane moment demands during asymmetric rucksack carriage (DeVita et al., 1991), unilateral carrying while negotiating stairs (Wang and Gillette, 2017), high weight backpack carrying
experiments (Li and Chow, 2018), competitive strongman events (McGill et al., 2009), and
investigations into the link between arm kinematics and trunk muscle activity (Angelini et al.,
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2018; Callaghan et al., 1999). In contrast, light backpack loads can reduce back extensor muscle
activity (Knapik et al., 1996).
Muscular activation levels during gait are generally considered to be low when compared
to more demanding tasks such as lifting or extreme load carries (Callaghan et al., 1999; McGill et
al., 2009). Furthermore, some caution should be taken when interpreting surface EMG of the
lower back muscles during dynamic tasks, as isolating activity in these numerously tightly packed
muscles is difficult due to the inherent limitations of electrode placement (Stokes et al., 2003).

2.4.3. In Vivo Low Back Loading During Gait
Despite the inherent risks and limitations involved, efforts have been made to directly
quantify in vivo loads in the lower back during walking. Lower lumbar intradiscal pressure has
been measured with piezoresistive pressure transducers inserted via a guided needle (Nachemson
and Elfstrom, 1970; Wilke et al., 1999). This technique is based upon the principle that the nucleus
of the disc behaves hydrostatically and assumes that the transducer is uncompromised during
placement and the prescribed activity (Wilke et al., 1999). Compared to standing, slow walking
increases the average intradiscal pressure by ~15% from 7.1 to 8.2 kp/cm2 (Nachemson and
Elfstrom, 1970) or from 0.50 MPa during standing to between 0.53-0.65 MPa for self-paced
barefoot and shod walking (Wilke et al., 1999). Alternatively, anterior vertebral body stabilizers
instrumented with strain gauges have been surgically placed to observe lumbar loading in older
compression fracture patients (Rohlmann et al., 1997). Consistent with intradiscal pressure,
walking increases the average resultant force across a vertebral body stabilizer. However, this
more sensitive technique detected a larger instantaneous load increase from ~140N in quiet
standing to a peak near toe-off of ~240N during walking, a rise of ~70% that increases with speed
(Rohlmann et al., 2014a, 2013).
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Lower back loading during gait has also been describe qualitatively with less invasive but
more indirect methods, such as spinal shrinkage and intra-abdominal pressure (IAP) (Fowler et al.,
2006; Grillner et al., 1978; Shaw et al., 2014). IAP is monitored via a pressure transducer in the
abdomen, and reflects the abdominal pressure resulting from the constriction of the trunk
musculature on a limited volume cavity (Bartelink, 1957; Davis, 1981). IAP is believed to help
stabilize the trunk and assist the extensor muscles while relieving lumbar loading (Gracovetsky et
al., 1981; Morris et al., 1961; Nachemson et al., 1986; Stokes et al., 2010). Coinciding with
instances of high trunk EMG activity, phasic increases in IAP during walking can nearly double
those measured during standing, and are also speed dependent (Grillner et al., 1978; Shaw et al.,
2014). Spinal shrinkage measures are based on the phenomena that temporary fluid loss from
compression forces produce a measurable and predictable decrease in back/spine stature (Eklund
and Corlett, 1984). Walking has been shown to decrease spine length up to 6 mm during a twohour 8.5 km walk (Fowler et al., 2006). However, this rate of spinal shrinkage merely parallels
that observed during the first few hours upon rising, irrespective of walking activity (Reilly et al.,
1984).
While all these measures of lower back loading are insightful, they have numerous
limitations including assumptions concerning disc fluid properties, equipment and mounting
errors, limited number of participants of varying ages and health statuses, unaccounted for tissue
loading, task restrictions, and in some cases the highly invasive nature of the procedure (Dreischarf
et al., 2016; Wilke et al., 1999). Although the magnitudes of each may be questioned, more
important is the relative change in the observed loads between conditions (Nachemson, 1976). To
date, there are no studies reporting in vivo loading during unloaded asymmetrical walking.
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2.4.4. In Silico Low Back Loading During Gait
To combat the inherent limitations of in vivo approaches and support our understanding of
the mechanisms involved, in silico estimates of the lower back loading have been developed and
applied during gait. These studies apply techniques ranging from simple link-segment models to
more complex EMG-driven models (see Section 2.2). Early biomechanical models estimate that
walking can elicit speed-dependent peak compressive loads of 1.0 – 2.5 times body weight during
the initiation and termination of double support, while minimums of ~0.2 body weight occur during
single limb support (Cappozzo, 1983, 1981; Cappozzo and Gazzani, 1982). Subsequent in silico
models of the lower back during normal walking have supported Cappozzo’s conclusions
(Callaghan et al., 1999; Cheng et al., 1998a; Cromwell et al., 1989; Khoo et al., 1995; Shojaei et
al., 2016). In addition, vertebral shear loads of up to 0.6 times body weight have been calculated
in both the anterior-posterior and medial-lateral directions (Arshad et al., 2018; Callaghan et al.,
1999; Cappozzo, 1981; Cheng et al., 1998a; Goh et al., 1998; Khoo et al., 1995; Rose et al., 2013;
Shojaei et al., 2016).
Estimates of lower back loads during asymmetric gait have been reported using in silico
biomechanical models in studies focused on LLA, (Hendershot et al., 2018; Hendershot and Wolf,
2014; Shojaei et al., 2016; Yoder et al., 2015; Yu et al., 2014) other lower limb injuries (Cappozzo
and Gazzani, 1982), and ergonomic load carriage applications (see Section 2.4.6.). As with normal
symmetrical gait, Professor Cappozzo pioneered examinations into asymmetrical gait lower back
loading (Cappozzo and Gazzani, 1982). These early estimates demonstrated that asymmetric gait
lower back loading approached ~3.0 times body weight at residual limb toe-off, with compressive
loading at ‘normal’ asymmetric speeds greater than that of healthy individuals walking at their
maximum speed (Cappozzo and Gazzani, 1982).
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Other groups (Hendershot et al., 2018;

Hendershot and Wolf, 2014; Shojaei et al., 2016; Yoder et al., 2015; Yu et al., 2014) have since
applied more detailed three-dimensional rigid-link, optimization-based, and kinematically driven
finite element models to further examine LLA lower back loading. Mediolateral lower back
moments in LLA are estimated to be 41% larger than in able-bodied gait (Hendershot and Wolf,
2014). Lower back loading depends on both amputation level and prosthetic length (Hendershot
and Wolf, 2014; Yoder et al., 2015; Yu et al., 2014). Asymmetric peak loads are associated with
greater lateral trunk flexion during prosthetic support and the greater trunk forward lean of LLA
patients (see Section 2.4.1.). Kinematically driven finite element modeling of the Hendershot et
al. (2014) dataset predicted 80% larger trunk muscle forces and 40% larger spinal loading for LLA
versus healthy controls (Shojaei et al., 2016). Similar to healthy gait (Callaghan et al., 1999), back
loading during asymmetric gait depends on speed and modeling approach (e.g. top-down vs.
bottom-up) (Hendershot et al., 2018; Hendershot and Wolf, 2014).

2.4.5. Lower Back Demands During Carrying
The mal-adaptive lower limb changes observed during carrying tasks (see Section 2.3.3)
do not occur in isolation, as kinematic and kinetic adjustments are also present in the trunk and
lower back. Using instrumented their vertebral body implants in the upper lumbar region,
Rohlmann et al. (2014c) directly measured in vivo loading during various carrying activities.
Walking with a weighted backpack resulted in forces analogous to those of unloaded normal
walking. Carrying 10 kg in each hand bi-laterally or 5 kg uni-laterally resulted in increased implant
forces that were proportional only to the gravitational force of the added load carried.
Interestingly, uni-laterally carrying 10 kg resulted in larger loads than carrying 20 kg split evenly
between each hand (Rohlmann et al., 2014c). Measuring lower back intradiscal pressure, Wilke

40

et al. (Wilke et al., 2001) observed a similar reduction in loading while carrying a larger total load
bi-laterally than a lesser load uni-laterally.
As with other tasks, detailed lower back biomechanical models have been used to compare
load carriage scenarios (McGill et al., 2013, 2009; McGill and Marshall, 2012; Rose et al., 2013).
Rose et al. (2013) examined a variety of lifting styles and suggested that frontal carries of 11.3 kg
could potentially produce deleterious anterior-posterior shear forces at the L2/L3 vertebral level.
They advised positioning the load close to the spine to minimize shear loads. McGill et al. (2013)
demonstrated that lower back (L4/L5) compression loads during one hand carries were higher than
when double the total load was evenly split bi-laterally between two hands, which supports
measurements made in vivo (Rohlmann et al., 2014c; Wilke et al., 2001). The increased loading
from uni-lateral versus bi-lateral load carriage is magnified as the total load carried increases.
McGill et al. (2009) studied back loading in strength athletes partaking in ‘strongman’ events, with
results emphasizing that carriage can place higher demands on the back than lifting much greater
loads. They also estimated that during some extreme events of carrying 91 kg, compression and
shear loading on the lower back can exceed 10,000 and 3,000 N, respectively.
2.4.6. Lower Back Demands During ‘other’ Tasks
The “spinal engine” has been hypothesized as the primary engine of locomotion and most
other everyday tasks (Gracovetsky, 1990). Not surprising, loading of the back, particularly in the
lumbar region (Andersson, 1997), has been estimated across a myriad of activities.
The highest in vivo loading observed from an instrumented vertebral body stabilizer during
any task was from lifting a 10 kg load from the ground, with a resultant force of ~1649 and ~100
N of resultant and shear force, respectively (Rohlmann et al., 2014b). Other activities (e.g. forward
elevation of hands while holding 9 kg, standing up, and tying one’s shoes) also produced resultant
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forces of over 1000 N (Rohlmann et al., 2014b). Wilke et al. (2001) reported intradiscal pressures
ranging from up to 1.6-2.1 MPa during similar lifting and bending tasks. However, as previously
noted, these measurements are beset with limitations (Dreischarf et al., 2016; Wilke et al., 1999).
Perhaps the most frequently reported and modeled lower back loading studies involve
manual materials handling tasks (Davis and Jorgensen, 2005). Davis et al. (1998) compared lifting
and lowering tasks at various speeds with a detailed lower back model, finding larger compressive
loads during lowering than any lifts. However, the inverse was true for shear loading. In tasks
involving external loads of 18.2 kg, compressive forces for lowering and lifting averaged 3269
and 2665 N, respectively, but shear forces were 680 and 815 N.

Not all lifts are symmetrical

within the sagittal plane, as asymmetric lifts are common in the workplace because of their speed
and convenience (Hsiang et al., 1997; Marras et al., 1995, 1993; Punnett et al., 1991). Rotating
the lift origin of a 13.6 kg box 60-degrees from front center increased compressive and
anterior/posterior shear loading by nearly 10% and 60%, respectively (Marras and Davis, 1998).
Equivalent results have been reported using an OpenSim musculoskeletal model (Kim and Zhang,
2017). Interestingly, if asymmetric lifts are performed with only the ipsilateral hand, lower back
loading is similar to symmetric lifting; as lifting 13.6 kg in either fashion results in a peak
compressive, lateral shear, and anterior-posterior shear of 3,600, 200, 900, respectively (Marras
and Davis, 1998) . Lifting a 10 kg load asymmetrically with one hand has been shown to increase
loads on the L5/S1 by nearly 20% compared to 10 kg in each hand irrespective of lifting technique,
despite being a smaller total load (Faber et al., 2009). Pushing and pulling tasks have also been
modeled to reveal that anterior/posterior shear loads at upper lumbar levels can exceed 1000 N,
nearly matching compressive loading, when the handle height is low and the external load exceeds
40% of body weight (Knapik and Marras, 2009).
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Work-related tasks such as sitting also have lower back health implications (Chaffin et al.,
2006). Callaghan and McGill (2001) found lower back compressive loads from a musculoskeletal
model in unsupported sitting of ~1700 N, over 50% greater than in standing, and directionally
different for anterior-posterior shear forces, 135 N sitting vs. -13 N standing. Transitioning from
sit-to-stand has also been shown to load the L4/L5 compressively by up to 3 times body weight,
using either an OpenSim musculoskeletal or non-linear finite element model of the lumbar spine
(Actis et al., 2018b; Shojaei et al., 2019). Similar loading relationships for unsupported sitting and
sit-to-stands has been measured in vivo (Rohlmann et al., 2014b; Wilke et al., 2001)
Patient handlers have an extremely high prevalence of LBP (Jensen, 1987; Samaei et al.,
2017). Simulated one-person patient transfers predict compression and anterior-posterior shear
forces to exceed 6,000 and 1,000 N, respectively (Jordan et al., 2011; Marras et al., 1999a; Skotte
et al., 2002).
The loads placed on the spine during various fitness exercises and completive events has
been examined by the Spine Biomechanics Laboratory at the University of Waterloo. Commonly
prescribed exercises for the abdominals can reach L4/L5 disc compression levels between 2,000 3,000 N (Axler and McGill, 1997). While at the start of a 16 kg kettlebell swing and snatch the
load on the L4/L5 can exceed 3,000 N in compression and 400 N in shear (McGill and Marshall,
2012). Interestingly, during dead lifts, competitive powerlifters have been estimated to load their
spine in excess of 20,000 N (Cholewicki et al., 1991; Granhed et al., 1987).

2.5.

Concluding Remarks
Without question, LBP is a major societal issue. Daily lower back demands during gait

are relatively low in magnitude but are highly repetitive and numerous (Tudor-Locke et al., 2011),
and can be adversely affected by physical and task limitations (Callaghan et al., 1999; Hendershot
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and Wolf, 2014; McGill et al., 2013; Rose et al., 2013; Yoder et al., 2015). Until more definitive
studies concerning the lower back demands and their link to LBP have been conducted, the
prescription of walking as a remedy for LBP (Nutter, 1988) should be brought into question for
those with atypical gait patterns or task demands. Applying an electromyography-based lower
back model during induced and regulated levels of asymmetries in healthy controls should provide
important information concerning how gait asymmetries affect lower back loading.
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CHAPTER 3
METHODS
The primary objective of this dissertation is to investigate how experimentally induced
lower limb gait asymmetries and asymmetrical load carriage in able-bodied individuals can impact
lower back loading. Study 1 will develop and evaluate a modeling approach implementing EMGoptimization algorithm (Cholewicki and McGill, 1994; Gagnon et al., 2011) to quantify muscle
recruitment within an updated OpenSim lower back model (Appendix C; Beaucage-Gauvreau et
al., 2019; Christophy et al., 2012). The lower back demands determined from the model will be
compared with previously reported in vivo and in silico measures of lower back loading during
equivalent walking and carrying tasks (Callaghan et al., 1999; McGill et al., 2013; Rohlmann et
al., 2014c, 2014a, 2008; Wilke et al., 1999; https://orthoload.com). Study 2 will use the Study 1
model to investigate how various lower limb gait asymmetries induced in able-bodied participants
affect lower back demands.

Study 3 will apply the same model to examine how lower back

demands during gait asymmetries are affected by different load carriage techniques. The goal of
this research is to provide insights that can be applied in a clinical setting to understand and help
reduce lower back demands and improve the quality of life for a broad range of patients who must
endure both acute and chronic asymmetric gait.

3.1. Study 1: An EMG Optimization OpenSim Musculoskeletal Model of the
Lower Back Kinetic Demands in Gait
3.1.1. Introduction
Biomechanical musculoskeletal models of the lower back apply observed kinematics,
mathematical equations, established anatomy, and biological assumptions to calculate internal
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kinetic demands that are impractical to measure in vivo (Dreischarf et al., 2016). These internal
demands can be compared to established tissue tolerances and injury reports to develop safety
guidelines and rehabilitation programs. As part of their development, such models must first be
evaluated against either known measures, previous model calculations, or established principles to
establish confidence in their calculated outcome measures (Cholewicki and McGill, 1996).
There are several open-source lower back models available in OpenSim (Delp et al., 2007),
each based upon the original model of Christophy et al. (2012) and then refined and evaluated for
specific applications (Actis et al., 2018a; Beaucage-Gauvreau et al., 2019; Bruno et al., 2015;
Meng et al., 2015; Raabe and Chaudhari, 2016; Senteler et al., 2016; Zhu et al., 2017). All these
models have used static optimization (SOpt) to estimate the individual muscular forces responsible
for the observed kinematics (Crownshield and Brand, 1981), and have not been evaluated for the
analysis of lower back demands during walking gait. SOpt is based on the premise that muscles
will be recruited to minimize a criterion objective function such as fatigue, and as such it is
incapable of predicting antagonistic muscle activation (Marras, 1988). The accurate distribution
of individual muscle forces is crucial in estimating the amount of stress on anatomical tissues
(Marras, 2000).

In contrast, models that incorporate electromyography (EMG) to estimate

muscular contributions can reflect participant-specific recruitment strategies, antagonistic activity,
and strength potentials (Davis and Jorgensen, 2005; Le et al., 2017). EMG-based models may
therefore provide improved accuracy and insight into how tasks and recruitment strategies effect
lower back loading.
EMG assisted models come in two forms. Models driven strictly by EMG apply measured
and calibrated muscle activity to directly predict muscular forces (Davis and Jorgensen, 2005).
Unfortunately, due to physiological complexities and the inherent limitations of EMG (Davis and
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Jorgensen, 2005; van Dieën and Visser, 1999), the forces predicted from an EMG-driven model
will not necessarily satisfy the joint demands calculated from inverse dynamics (Choi and
Vanderby, 1999; Cholewicki et al., 1995; Gagnon et al., 2001). To overcome this limitation, an
EMG optimization method (EMGopt) was developed by Cholewicki and McGill (1994). By
minimally adjusting the measured EMG activations to match the calculated joint demands,
EMGopt is capable of alleviating the flaws of both the optimization and EMG driven approaches
while simultaneously incorporating the advantages of each (Choi and Vanderby, 1999; Cholewicki
et al., 1995; Gagnon et al., 2001; Li and Chow, 2019).
The primary objective of this study is to develop an EMGopt (Cholewicki and McGill,
1994) framework for defining muscular contributions in a participant-specific OpenSim
musculoskeletal model. To evaluate this model, the lower back demands from EMGopt will be
compared directly to results from a standard SOpt algorithm, and indirectly to demands reported
in the literature (Callaghan et al., 1999; McGill et al., 2013; Rohlmann et al., 2014c, 2014a, 2008;
Wilke et al., 1999; https://orthoload.com). The model developed in this study will be applied in
subsequent studies to help improve our understanding of how different gait and load carriage
asymmetries can adversely affect lower back demands.

3.1.2. Aims and Hypotheses
Aim 1.1: To develop and evaluate an EMG-optimization (EMGopt) framework for
defining muscular contributions in an OpenSim musculoskeletal model assessing lower back
demands across various gaits.
Hypothesis 1.1: EMGopt will predict antagonist trunk muscle contributions that will result
in larger lower back demands than a generic static optimization (SOpt) approach.
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Hypothesis 1.2: EMGopt predicted lower back demands will better correlate with in vivo
measurements than a SOpt approach.
Aim 1.2: To evaluate the sensitivity of the EMGopt algorithm to variation in the EMG
amplitude and force potential of the trunk musculature.
Hypothesis 1.2: Lumbar joint loading will be most sensitive to trunk flexor (e.g. rectus
abdominis, external obliques, internal obliques, and psoas) muscular activity and force potential.
Aim 1.3: To determine the effect of participant-specific muscular strengths on lower back
loading and the amount of adjustments to the EMG signal.
Hypothesis 1.3: The adjustments needed for the EMG measures to balance the joint
demands will be reduced when muscular strengths are tailored to individual strength potentials.

3.1.3. Methods
Participants
Six (n=6; male=3) participants will be recruited from a university population (see
Appendix A for rationale).

Participants with a high body mass index (BMI > 30), age (years >

40), history of lower back pain (LBP), low self-reported level of physical activity, large leg length
discrepancy (LLD > 20mm), and any neurological issues will be excluded. All subjects will be
required to read and sign an Informed Consent document approved by the University of
Massachusetts Amherst Institutional Review Board.

Equipment and Setup
Full-body three-dimensional kinematics will be sampled at 100 Hz with an eight-camera
motion analysis system (Qualisys AB, Gothenburg, Sweden). The motion of body segments and
select anatomical landmarks from each participant will be captured with a combination of
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individual and clustered 12.5 mm reflective markers (Fig. 3.1.1). Specifically for the trunk and
pelvis, kinematics will be tracked with markers placed on both anterior superior iliac spines
(ASIS), both posterior superior iliac spines, both iliac crests, both acromion, the xiphoid process,
sternal notch, C7, and with a rigid-cluster of four markers placed caudally at the mid-thorax level.

Figure 3.1.1. Full-body OpenSim musculoskeletal model. Spheres represent the location of the 67 reflective
markers used for motion tracking. Black rectangles represent the placement for the 12 electromyography
(EMG) sensors used to monitor the muscular activity of the trunk.

Electromyography (EMG) from twelve wireless surface electrodes (Delsys Inc., Natick,
MA) will be sampled at 2000 Hz. Electrodes will be positioned (Fig. 3.1.1) as described in
previous studies (Gagnon et al., 2011; McGill et al., 2013) from bi-lateral trunk muscles the rectus
abdominis (3 cm lateral to umbilicus), external obliques (3 cm lateral to the linea semilunaris),
internal obliques (at the level of the ASIS but superior to the inguinal ligament and medial to linea
semilunaris), latissimus dorsi (inferior to scapula over muscle belly when arms are abducted),
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longissimus thoracis pars thoracis (3 cm lateral to L1), and iliocostalis lumborum pars thoracis (6
cm lateral to L3).
Isometric maximal voluntary contractions (MVCs) will be measured with a Biodex
dynamometer (Biodex Medical Systems Inc., Shirley, NY) to establish maximal EMG amplitudes
and trunk flexion, extension, lateral bending, and axial rotation torques for each participant.
Walking and carrying tasks will take place on an instrumented treadmill (Treadmetrix, Park City,
UT) to provide gait pacing and measure ground reaction forces (GRF). The dynamometer torque
and the gait GRF information will both be sampled at 2000 Hz with a 16-bit A/D convertor (USB2533, Measurement Computing Corporation, Norton, MA). The motion capture, EMG, and analog
GRF and torque signals will be synchronously collected within Qualisys’s Track Manager
software.
Hand-held adjustable weight dumbbells will be carried both bi- and uni-laterally in
symmetrical and asymmetrical conditions. Dumbbell weight(s) will be prescribed based on each
participant’s body weight.

Procedure
Participants will don form-fitting clothing and comfortable walking or running shoes prior
to measurements of anthropometry, self-selected treadmill walking speed (SSS), MVCs, and the
experimental “evaluation” conditions.

Anthropometry measures of height, body segment

circumferences, and body weight will be taken with a tape measure and balance scale. SSS on the
treadmill will be determined by prompting participants to correct the treadmill belt-speed from an
initial randomly chosen high or low speed to a “comfortable walking speed which they can
maintain for 3-5 minutes with minimal effort and discomfort”. Incremental speed adjustments
blinded from the participant will be made in response to their verbal cues. The SSS process will
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be repeated until the participant consistently settles upon the same SSS. A 90% SSS (90S) value
will be calculated from each participant’s SSS, representing the reported adjustment in walking
speed chosen by participants during carrying tasks (Crosbie et al., 1994). After SSS determination,
EMG electrodes will be placed on the participant. To improve EMG quality, excess body hair at
each electrode site will be shaved and unwanted dead skin and oils removed with fine sandpaper
and alcohol wipes. All EMG signals will be continuously monitored for signal quality.
The participants will then perform a series of MVC efforts on the dynamometer against a
custom bar designed to resist trunk flexion, extension, bending, and rotation (Fig. 3.1.2). For the
MVCs the dynamometer seat back will be in flattened, with the bar positioned dorsally at the
midthoracic level during extension, ventrally just below the sternal notch during flexion and axial
rotation exertions, and lateral on the arm at the level of the sternal notch during lateral bending
exertions. The bar angle and distance to the dynamometer center of rotation will be recorded and
used to convert the measured torque into an equivalent force vector applied to the trunk. Six
different trunk exertions (McGill, 1991; McGill et al., 2013) will be performed. Five MVC
exertions will take place from a sit-up position with the torso, knees, and hips flexed at
approximately 45, 90, and 90-degrees, respectively (as estimated by a handheld goniometer): trunk
flexion, bi-lateral twisting, and bi-lateral lateral bending. The sixth maximal effort will be back
extension performed with the participant prone and safely suspended from the dynamometer seat
in a Biering-Sorensen position with a slightly flexed torso (Biering-Sorensen, 1984). During each
MVC, the participant will be verbally encouraged and cued to perform maximally against the static
bar for 3-5 seconds while EMG activity and dynamometer torque are recorded. Three repetitions
of each MVC effort will be performed, separated by 2-minutes of rest. Following the MVCs, the
motion capture markers will be placed on the participant.
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To help evaluate the model, participants will perform a variety of tasks in which the lumbar
loading in vivo has been directly quantified (Rohlmann et al., 2014c, 2014a, 2008; Wilke et al.,
1999; https://orthoload.com), a similar model has calculated in silico loads (Callaghan et al., 1999;
McGill et al., 2013), or that can differentiate between various modeling approaches (Table 3.1.1).
These tasks will include quiet relaxed standing, standing while breathing heavily, standing with
arms abducted to 90 degrees, standing while holding dumbbells of 7.5% or 15.0% body weight
(7.5BW and 15BW, respectively) split evenly between both hands, walking at SSS, 90S, and 0.83
m/s, walking at 90S while carrying dumbbells of 7.5BW or 15BW in one hand, and walking at
90S while carrying dumbbells of 7.5BW or 15BW split between both hands.

During static

standing tasks, participants will be asked to stand in a neutral and upright posture (e.g. minimizing
flexion or extension moments) while data is collected for 10 seconds.

During each unloaded

walking task, participants will walk for 90 seconds to acclimate prior to recording the task for 30
seconds (Matsas et al., 2000; Taylor et al., 1996). For each carrying task, participants will walk
and carry the prescribed load for 20 seconds to acclimate prior to recording the task for 30 seconds
(Dick et al., 2017). Data from standing calibration poses will be recorded prior to and after all
tasks have been performed in a random order. Two minutes of rest will be imposed between each
task to minimize fatigue.
Participants will be monitored for fatigue at the conclusion of each walking and carrying
task with an 11-point rating-of-fatigue scale developed by Micklewright et al. (2017). In addition,
modified Biering-Sorensen tests (Biering-Sorensen, 1984) will be administered before and after
the experimental task set. During these isometric tests, the participant will lie prone on the edge
of the exam table with their lower limbs secured while maintaining their upper body in a horizontal
position for 30 seconds (Fig. 3.1.2b). The intent of these modified tests is to objectively analyze
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if any fatigue accumulated from the demands of the entire protocol without inducing further fatigue
(Müller et al., 2010; van Dieën et al., 1998a). Fatigue will be assessed post-hoc by comparing
iliocostalis lumborum pars thoracis EMG activity from the two tests (Roy et al., 1989).

Figure 3.1.2. Positions used for the 5-second static Maximal Voluntary Contractions against the dynameter.
Panel A) Sit-up position utilized for maximal trunk flexion, twisting, and lateral bending efforts (note: for
lateral bending, the dynamometer resistance will be rotated 90-degrees and positioned laterally against the
upper arm(s)) and B) Biering-Sorensen (1984) position used for maximal trunk extension efforts against the
bar (pictured) and fatigue testing.

Data Processing
All data will be post-processed in MATLAB (MathWorks, Natick, MA). Marker positions,
GRFs, and dynamometer torques will be filtered with a fourth-order zero-lag low pass Butterworth
filter with cutoff frequencies determined by residual analysis (Winter, 2009). EMG activity from
each muscle will be detrended, band-pass filtered (30 – 500 Hz), full wave rectified, and then lowpass filtered with a fourth-order 3 Hz zero-lag Butterworth filter (Brereton and McGill, 1998)
before being time-shifted 10 ms to correct for physiological electromagnetic delay (Corcos et al.,
1992). Task EMGs will be scaled to muscle-specific maximum levels recorded during participantspecific MVCs. Filtered external forces and EMG linear envelopes will be synchronously down
sampled from 2000 Hz to 100 Hz to match the motion capture sample frequency.
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To compare most standing trials, a 5-second average for each dependent variable of interest
will be calculated. For the standing deep inhale/exhale trial, the maximum and minimum values
from the entire 10-second trial will be computed. All walking and carrying trials will be time
normalized by strides, with initiation and termination established from consecutive right heel
strikes as identified by heel marker anterior-posterior velocities (Zeni et al., 2008), due to the
absence of segregated GRFs. The maximums, minimums, and averages from each dependent
variable of interest will be determined from five individual strides randomly extracted from the
30-second data collection.

Table 3.1.1. Experimental tasks and the comparisons used to test the model and approach. Abbreviations:
electromyography (EMG), EMG optimization (EMGopt), maximum musculotendon stress (MMS), maximal
voluntary contraction (MVC), self-selected speed (SSS), static optimization (SOpt), 15% body weight (15BW),
7.5% body weight (7.5BW), and 90% of SSS. (*) All carrying tasks will be performed at 90S.
Position

Task

Direct Comparison

Relaxed
Deep inhale/exhale

EMGopt vs. SOpt
EMGopt vs. SOpt

Arms abducted to 90°
7.5BW split across hands
15BW split across hands
SSS
90S

EMGopt vs. SOpt
EMGopt vs. SOpt
EMGopt vs. SOpt
EMG, MMS, & MVC Sensitivity

Standing

Walking

0.83 m/s
7.5BW in one hand
15BW in one hand
Carrying*

EMG, MMS, & MVC Sensitivity

7.5BW split across hands
15BW split across hands

EMG, MMS, & MVC Sensitivity

Indirect Comparison
Wilke et al., 1999;
https://orthoload.com
https://orthoload.com

Callaghan et al., 1999;
Rohlmann et al., 2014a;
Wilke et al., 1999;
Rohlmann et al., 2014a
Rohlmann et al., 2014c
McGill et al., 2013;
Rohlmann et al., 2014c
McGill et al., 2013
McGill et al., 2013;
Rohlmann et al., 2014c

Musculoskeletal Model
Two separate full-body lumbar spine models with 27 segments, six lumbar joints, and 238
Hill-type (Hill, 1938; Thelen, 2003; Zajac, 1989) trunk musculotendon actuators (MTAs) will be
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developed within the OpenSim 4.0 modeling system (Delp et al., 2007). Model m29DoF with 29
degrees-of-freedom is based on the full-body lifting model of Beaucage-Gauvreau et al. (2019)
and will be used to determine the kinematics of each trial from recorded marker positions (Fig.
3.1.3). Several modifications to the original model will be made for simplicity, anatomical
consistency and to improve model sensitivity (see Appendix C). Model m47DoF will be identical
to m29DoF except for the absence of coordinate coupler constraints (CCC) on the lower back and
abdominal joints. The kinematic motion from m29DoF will be assigned to model m47DoF with
47 degrees-of-freedom to determine accurate MTA moment arms (Banks et al., 2019) across all
six lumbar joints, and to compute joint loads (Fig. 3.1.3).
Both models will be scaled using the OpenSim scaling tool to match the calibration pose
and anthropometry of individual participants. The muscular strength potentials of the m47DoF
MTAs will be adjusted from a nominal 100 N/cm2 maximal stress to individual maximal muscular
stress (MMS) values that can match the maximal torque outputs from the MVC tasks for each
participant. For this adjustment, the inverse dynamics tool in OpenSim will use the external forces
and generic model states during each of the six MVC positions to calculate lumbar joint moments.
To incorporate antagonistic muscle forces in the model solution, all MTAs will be assigned a lower
activity bound based on their EMG activity observed during the MVC task. The highest calculated
MMS from the six maximal MVC positions for each MTA will be used to determine the maximal
isometric force potential of that MTA.
Participant-specific models will be used to analyze the standing, walking, and carrying
tasks. The OpenSim inverse kinematics tool will be used to best fit the m29DoF model with the
recorded marker position data to determine the generalized segmental coordinates. During
carrying tasks, the dumbbell inertial characteristics will be described as cylinders of appropriate
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mass and size affixed to the hands by a weld joint. The segmental coordinates along with the
recorded GRF will then be assigned to the m49DoF model and used to calculate joint moments
and model states using the inverse dynamics and analysis tools, respectively. Static optimization
(SOpt; Crownshield and Brand, 1981) and EMG optimization (EMGopt; Cholewicki and McGill,
1994; Gagnon et al., 2011) will be applied to partition the lower back joint moments across the
238 MTAs (see next section for details). Forces associated with passive lower back tissue forces
(e.g. ligaments) will not be considered because of insufficient data describing their mechanical
properties (Christophy et al., 2012) and their limited contribution during upright standing and
walking postures (Callaghan et al., 1999). Model MTA, inertial, and external forces will be input
to the OpenSim joint reaction analysis tool to calculate the resultant lumbar joint forces from each
MTA force optimization method. Lumbar joint forces will be expressed in the most caudal lumbar
joint coordinate system. All OpenSim tools and libraries will be integrated with custom MATLAB
scripting to minimize error and improved workflow efficiency (Lee and Umberger, 2016).

Figure 3.1.3. Flow chart of model input/output processes. Braced numbers depict implementation sequence.
Abbreviations: electromyography (EMG), ground reaction forces (GRF), and musculotendon actuator (MTA).
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Approaches to Solving Muscle Indeterminacy
The contribution of each individual MTA force towards the calculated joint moments will
be solved with two different optimization approaches, both run in MATLAB with the fmincon
sequential quadratic programming algorithm. The first approach (SOpt) will be based upon the
hypothesis that MTAs are recruited in such a way as to minimize muscular fatigue (Crownshield
and Brand, 1981), represented by an objective function (JSO) minimizing the sum of the squared
activations (ai) across all the MTAs (i = 1 to 238):
238

𝐽𝑆𝑂 = 𝑚𝑖𝑛 ∑(𝑎𝑖 )2

(Eq. 3.1.1)

𝑖=1

subject to the following inequality constraints for each lumbar joint (j = 1 to 6):
|𝑀𝑀𝑇𝐴𝑥 − 𝑀𝐼𝐷𝑥 | ≤ |0.005 ∗ 𝑀𝐼𝐷𝑥 |
𝑗

𝑗

(Eq. 3.1.2)

𝑗

(Eq. 3.1.3)
|𝑀𝑀𝑇𝐴𝑦 − 𝑀𝐼𝐷𝑦 | ≤ |0.005 ∗ 𝑀𝐼𝐷𝑦 |
𝑗

𝑗

𝑗

|𝑀𝑀𝑇𝐴𝑧 − 𝑀𝐼𝐷𝑧 | ≤ |0.005 ∗ 𝑀𝐼𝐷𝑧 |
𝑗

𝑗

𝑗

(Eq. 3.1.4)
(Eq. 3.1.5)

0.01 ≤ 𝑎𝑖 ≤ 1.00
where x, y, z are the orthogonal moments (MMTA) resulting from the MTA forces predicted by the
SOpt constrained to match the moments calculated from inverse dynamics (MID) to within +0.5%,
with MTA activations positive and below their maximal level of 1.00. All MTA maximal force
potentials will be further constrained by their kinematic state and maximal isometric potential
(Thelen, 2003; Zajac, 1989).
The second optimization approach (EMGopt) will balance joint moments with minimal
adjustments to measured EMG activity (Cholewicki and McGill, 1994). The objective function
for EMGopt (JEMG) will follow the multi-joint convention established by Gagnon et al. (2011):
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238

𝐽𝐸𝑀𝐺 = min ∑ 𝑀𝑛𝑜𝑟𝑚𝑖 (1 − 𝑔𝑖 )2

(Eq. 3.1.6)

𝑖=1

with:

𝑀𝑛𝑜𝑟𝑚𝑖 = √∑ 𝑀𝑀𝑇𝐴𝑖,𝑗 2

(Eq. 3.1.7)

𝑖

which will minimize the adjustments (𝑔𝑖 ) made to the predicted muscular forces based on the
Euclidean norm (Mnorm) of the computed moment (MMTA) from each MTA (i = 1 to 238) about
each joint (j = 1 to 6) subject to the following constraints:
|𝑔𝑖 𝑀𝑀𝑇𝐴𝑥 − 𝑀𝐼𝐷𝑥 | ≤ |0.005 ∗ 𝑀𝐼𝐷𝑥 |
𝑗

𝑗

(Eq. 3.1.8)

𝑗

(Eq. 3.1.9)
|𝑔𝑖 𝑀𝑀𝑇𝐴𝑦 − 𝑀𝐼𝐷𝑦 | ≤ |0.005 ∗ 𝑀𝐼𝐷𝑦 |
𝑗

𝑗

𝑗

|𝑔𝑖 𝑀𝑀𝑇𝐴𝑧 − 𝑀𝐼𝐷𝑧 | ≤ |0.005 ∗ 𝑀𝐼𝐷𝑧 |
𝑗

𝑗

𝑗

(Eq. 3.1.10)
(Eq. 3.1.11)

𝑇ℎ𝑟𝑒𝑠 ≤ 𝑔𝑖 ≤ 1/𝑒𝑚𝑔𝑎𝑖
where x, y, z are the orthogonal moments (MMTA) resulting from the MTA forces (i = 1 to 238) and
their moment arms. The MTA forces are a product of the current MTA potential, the EMG
activations (𝑒𝑚𝑔𝑎𝑖 ), and the adjustment factors (𝑔𝑖 ). The constraints will ensure that the
optimized MTA forces produce moments that match the corresponding moments calculated
from inverse dynamics to within +0.5%. Adjustment factors will be confined to be greater than
an MTA-specific threshold level (𝑇ℎ𝑟𝑒𝑠) of 0.50 or 0.01. Those MTAs with 𝑇ℎ𝑟𝑒𝑠 = 0.50
include the rectus abdominis, external obliques, internal obliques, latissimus dorsi, longissimus
thoracis pars thoracis, and iliocostalis lumborum pars thoracis. MTAs without measured EMG
data will be assigned a 𝑇ℎ𝑟𝑒𝑠 = 0.01, including psoas, multifidus, quadratus lumborum,
longissimus thoracis pars lumborum, and iliocostalis lumborum pars lumborum. These muscles
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will be assigned 𝑒𝑚𝑔𝑎𝑖 activations based on a nearby MTA synergist (Gagnon et al., 2011; McGill
et al., 1996). Upper constraints on 𝑔𝑖 adjustments will ensure that MTA forces remain below their
maximal values.

Model Evaluation and Sensitivity Tests
Five different evaluation tests will be performed, including two that will qualitatively
examine the validity of the model and EMGopt approach. The first evaluation test will compare
muscular demands from EMGopt and SOpt across the five standing trials which require similar
resultant lower back joint moments but challenge the stability of the trunk differently. The
optimization approach that can better distinguish between the relaxed standing and the other four
non-relaxed standing trials should predict increased overall muscular demands for the latter
(Cholewicki et al., 1995; Granata and Orishimo, 2001). The second evaluation test will indirectly
compare the joint and muscle loading relationships from EMGopt with previously reported in vivo
and in silico loads during equivalent tasks (Callaghan et al., 1999; https://orthoload.com; McGill
et al., 2013; Rohlmann et al., 2014c, 2014a, 2008; Wilke et al., 1999).
The sensitivity of the EMGopt approach to the measured EMG activity and trunk force
potential, will be evaluated by examining how variations in these measurements can alter the
calculated lower back demands. First, the inherent variability associated with EMG activity will
be tested by artificially adjusting the measured EMG maximal activity from each of the six bilateral trunk muscles by +10% (Ahern et al., 1986; Lehman, 2002; Yang and Winter, 1983).
Similarly, the MVC strength potential will also be adjusted by +10% for each of the six measured
toques (Stokes et al., 1988; van Dieën and Heijblom, 1996). For each sensitivity test, the lower
back demands from the SSS normal walking, carrying 15BW in one hand, and carrying 15BW
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split between each hand will be quantitively compared to the original unadjusted demands of these
tasks.
Finally, the effect of participant-specific MTA strength potential adjustments will be
evaluated by comparing the total EMG gain adjustments needed to reach a solution to the nominal
100N/cm2 MMS solution. Here it is assumed that a lower total gain adjustment (e.g. ∑238
𝑖=1 (1 − 𝑔𝑖 ))
would reflect a better match between the model and the calculated kinetic demands of the task.

Model Limitations
As with any modeling study, the results will be subject to limitations. The model will
neglect passive force contributions from non-muscular tissues and intra-abdominal pressure as
their contributions during the upright postures and low exertion levels of gait are minimal (Arshad
et al., 2018; Callaghan et al., 1999). Similar reasoning justifies disregarding intervertebral and
axis of rotation translations (Ghezelbash et al., 2015). The vertebral coupling used in model
m29DoF to assign the vertebral positions is generic and assigns the total thoracic rotational
contributions to the T12/L1. For the present study the complexities in measuring each individually
is not justified, while better dispersing the thoracic contributions to trunk movement will be left to
future work (Bruno et al., 2017; Ignasiak et al., 2016). Due to a lack of muscle-specific data, the
musculotendon dynamics will be assumed uniform and the EMG-force relationship linear for all
238 MTAs, consistent with other musculoskeletal models of the lower back (Granata and Marras,
1995a; McGill, 1992). The model currently relies on a top-down inverse dynamics approach to
calculate the kinetic demands at each joint. However, it has been demonstrated that incorporating
the GRFs is more sensitive to the impulsive forces which occur at heel strike (Callaghan et al.,
1999; Hendershot and Wolf, 2014). Therefore, though a top-down approach will be initially
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applied because of potential inaccuracies in the GRFs resulting from the moving treadmill belt, a
bottom-up solution will also be investigated.
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3.2. Study 2: Lower Back Demands During Induced Lower Limb Gait
Asymmetries
3.2.1. Introduction
Walking is a fundamental means of locomotion, with activities often generating thousands
of steps per day (Tudor-Locke et al., 2011).

It is widely recommended for aerobic and

musculoskeletal conditioning, and can provide therapeutic relief from lower back pain (LBP;
Nutter, 1988). However, a variety of lower limb conditions can result in asymmetric gait
kinematics and kinetics, including congenital deformities, injury, rehabilitative joint restriction,
disease, and amputation (Cappozzo and Gazzani, 1982; Constantinou et al., 2014; Dananberg,
1993; Devan et al., 2014; DeVita et al., 1991; Dingwell et al., 1996; Friberg, 1983; Gulgin et al.,
2018; Mündermann et al., 2005; Tanaka et al., 2015; Wolfe et al., 1996). Gait asymmetries are
often classified with a symmetry index to quantify the degree of bi-lateral differences in limb
kinematic or kinetic parameters (Robinson et al., 1987). Given the established relationship
between LBP, asymmetric postures, and repeated loading (Bernard, 1997; da Costa and Vieira,
2010; Hoogendoorn et al., 1999; Marras, 2000), it is not surprising that gait asymmetries are related
to LBP. In fact, the reported magnitude of LBP prevalence in those with asymmetric gait is
alarming, more than quintupled that of the general able-bodied population (Ehde et al., 2001; Giles
and Taylor, 1981; Ready et al., 2018; Smith et al., 1999; Wolfe et al., 1996). Therefore, the
cumulative lower back demands associated with asymmetrical gait are of interest to clinicians and
researchers looking to improve the quality of life in these LBP susceptible patients (Dananberg
and Guiliano, 1999; Devan et al., 2014; Friel et al., 2005; Morgenroth et al., 2010).
Despite a wide range of asymmetry origins, lower back loading during asymmetric gait has
been studied primarily in lower limb amputees (Devan et al., 2014; Sagawa et al., 2011).
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Biomechanical models have predicted lower back demands to be ~40 to 80% greater for amputees
compared to able-bodied individuals (Cappozzo and Gazzani, 1982; Hendershot et al., 2018;
Hendershot and Wolf, 2014; Sagawa et al., 2011; Shojaei et al., 2016; Yoder et al., 2015; Yu et
al., 2014).

Unfortunately, individual studies on amputees are often compromised by low

participant numbers, between-subject differences in amputation and prosthetic type (e.g. kinetic
abilities, inertial properties, and prosthetic fit), and a lack of a baseline comparison (Chow et al.,
2006; Hafner et al., 2002; Highsmith et al., 2019; Nolan et al., 2003; Selles et al., 1999; van der
Linden et al., 1999; Windrich et al., 2016; Yu et al., 2014).
An alternative approach to understanding the link between gait asymmetries and lower
back demands is to study able-bodied participants with asymmetry artificially-induced through
uni-lateral modifications in leg length, leg inertial characteristics, joint motion restrictions, casting,
or step cadences (Brown et al., 2018; Gulgin et al., 2018; Lemaire et al., 2000; Roemmich et al.,
2012; Royer and Martin, 2005; Vanicek et al., 2007). This approach would be representative of
other clinical asymmetric gait populations such as those with isolated pain, leg length
discrepancies, or lower limb casting. Perturbing able-bodied participants with uni-lateral leg
lengthening via thickened shoe sole or a clinical “walking boot” (Fig. 3.2.1) has been shown to
increase trunk range of motion and trunk muscular activity (Gulgin et al., 2018; Kakushima et al.,
2003; Vink and Huson, 1988), but their effects on trunk tissue demands have not yet been
investigated. A controlled experimental setup that can induce asymmetries in a healthy and
homogeneous cohort may help us better identify how different types of asymmetries can affect
lower back demands during locomotion.
Therefore, the objective of this study is to investigate how experimentally induced
asymmetric gait causalities can impact the lower back. Gait asymmetries will be induced by uni-
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laterally altering the leg length, leg mass, and joint motion (via a walking boot). The effects of
each condition on lower back demands will be examined with the EMG-optimization
musculoskeletal model described in Study 1. Results from this study will provide insights into
sources of gait asymmetry that can most adversely affect lower back demands.

3.2.2. Aims and Hypotheses
Aim 2.1: To investigate how different experimentally induced asymmetric gait causalities
can impact the lower back kinetic demands. The effects of altered uni-lateral leg length, leg mass,
and a clinical walking boot on lower back demands will be examined with an EMG-optimization
musculoskeletal model.
Hypothesis 2.1: The combination of joint restriction, added mass and leg lengthening
inherent in a walking boot will more greatly affect lower back demands than equivalent uni-lateral
leg lengthening or added lower limb mass applied independently.
Exploratory Aim 2.2: To examine the relationship between level of gait asymmetry and
lower back demands.
Exploratory Hypothesis 2.2: Lower back demands will in general increase with the level
of asymmetry, but their linear relationship will not be significant.

3.2.3. Methods
Participants
Eight (n=12; male=6) participants will be recruited from the general university population
(see Appendix B for the rationale). Inclusion / exclusion criteria will be the same as in Study 1.
All subjects will be required to read and sign an Informed Consent document approved by the
University of Massachusetts Amherst Institutional Review Board.
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Equipment and Setup
The experimental setup described in Study 1 will be used to collect motion capture,
electromyography (EMG), treadmill, dynamometer data, and test for fatigue for a variety of
symmetric and asymmetric gait conditions (Table 3.2.1). Perturbations to symmetric gait will be
administered with an EvenUpTM adjustable Shoe Leveler (2.54 cm) affixed to the sole of one shoe
to simulate a leg length discrepancy, with a 1.2 kg sand ankle-weight placed superior to the medial
malleolus on one leg to simulate leg mass discrepancy, and with a uni-lateral medical-grade
walking boot (AirCast FP Walker Foam Pneumatic) (Fig. 3.2.1).

The selected leg length and

ankle-mass perturbation magnitudes will be based on the characteristics of the walking boot. All
perturbations will be applied to the right limb of each participant. For the walking boot conditions,
all motion capture markers below the right knee will be removed and placed in equivalent locations
on the surface of the walking boot.

Figure 3.2.1. Individual perturbations mechanisms applied to induce asymmetric gait. Panel A) adjustable
shoe leveler, B) ankle-weight, C) walking boot. (Photos courtesy of A) www.rehabmart.com, B) JBM
International via www.amazon.com, and C) www.SourceOrtho.net)
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Table 3.2.1. The five experimental trials and the corresponding perturbations. After the initial symmetrical
control task (1), all other trials will be block randomized by conditions involving the walking boot (5) or not (24). *All trials will be performed at 90% of a participant’s self-selected treadmill walking speed (90S) and with
perturbations applied to the right limb.

Symmetry
Perturbation(s)*

Ankle
Weight

Shoe
Leveler

1.2 kg

2.54 cm

Control / Symmetrical (1)
Single

Walking
Boot

2
3

Combination
Walking Boot

4

4

5

Procedure
Participants will don form-fitting clothing and comfortable footwear prior to measurements
of anthropometry, self-selected treadmill walking speed (SSS), maximal voluntary contractions
(MVC), shoe sole depth, and experimental conditions. Leg length discrepancy, leg dominance,
and shoe sole depth will be measured for each participant. Bi-lateral leg lengths will be measured
from the anterior superior iliac spine (ASIS) to the medial malleolus while the participant is lying
supine on an exam table (Murray and Azari, 2015). Leg dominance will be assigned by asking the
participant, “with which leg would you prefer to kick a ball?” (van Melick et al., 2017). Shoe sole
depth will be measured by comparing standing lateral malleolus height barefoot versus shod for
each participant.
Five different walking trials will be performed at 90% of each participant’s SSS (90S).
The 90S condition represents the reported adjustment in walking speed chosen by participants
wearing a similar walking boot (Gulgin et al., 2018). The five walking trials will include a
symmetrical unperturbed control (1), with a 1.2 kg ankle weight (2), with a 2.54 cm shoe leveler
(3), with a 2.54 cm shoe leveler and a 1.2 kg ankle weight (4), and with a walking boot (5). The
unperturbed 90S walking trial will consist of 90 seconds of acclimation and 30 seconds of data
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collection. The four perturbed walking trials will each consist of 270 seconds of acclimation and
30 seconds of data collection.
To reduce the number of necessary motion capture marker adjustments and corresponding
model calibration poses, a randomized block design will introduce the walking boot trial following
the other four trials. Two minutes of rest will be provided between each trial to minimize fatigue.
Data from standing calibration poses will be recorded prior to and after all tasks have been
performed in a random order.

Data Processing and Calculation of Lower Back Demands
All experimental data will be post-processed in MATLAB (MathWorks, Natick, MA) as
described in Study 1. The OpenSim (Delp et al., 2007) musculoskeletal model and EMGoptimization (EMGopt) approach described in Study 1 will be used to determine lower back
loading across all five task conditions. For the ankle weight and walking boot trials, the inertial
characteristics of the appropriate lower limb segments in the model will be modified. A point
mass of appropriate inertial characteristics will be added to the model 3 cm above the ankle joint
center to represent the ankle weight, while the mass of the walking boot will be proportionally
distributed between the right shank and foot for walking boot trials.
All gait trials will be time-normalized by individual strides, with initiation and termination
established from consecutive right (perturbed) heel strikes. Heel and toe marker anterior-posterior
velocities will be used to distinguish heel strikes and toe offs (Zeni et al., 2008) due to the absence
of segregated ground reaction forces. Five individual strides will be randomly extracted from the
30-second data collection. The maximum, minimum, and average lower back demands from each
stride and the standing calibration pose will be computed. These demands include vertebral joint
compression, anterior-posterior shear, and medial-lateral shear forces, and the resultant moments.
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Other lower back demands are the total force exerted by eight different muscle groupings (e.g.
rectus abdominis, external obliques, internal obliques, multifidus, quadratus lumborum, latissimus
dorsi, erector spinae, and psoas major). Levels of asymmetry for bi-lateral differences in stance
time, stride length, peak ground reaction force, and muscular group forces will be determined by
calculating the symmetry index (𝑆𝐼) (Robinson et al., 1987):
𝑆𝐼 =

2(𝑋𝑅 − 𝑋𝐿 )
× 100%
(𝑋𝑅 + 𝑋𝐿 )

(Eq. 3.2.1)

where 𝑋𝑅 and 𝑋𝐿 represent the variable of interest associated with either the perturbed (right) or
unperturbed (left) side, respectively.

Preliminary Statistical Analysis
The manipulated independent variable for this study is perturbation type (e.g. shoe leveler,
ankle weight, ankle weight and shoe leveler, and walking boot) (Table 3.2.1). Lower back
demands and levels of asymmetry will be used as the dependent variable(s) in a one-way (5 tasks)
repeated-measures analysis of variance (ANOVA; α= 0.05) tests, with Tukey post hoc testing. The
five tasks include the walking boot, ankle weight, shoe leveler, ankle weight in combination with
the shoe leveler, and symmetric control.

An exploratory analysis will compare levels of

asymmetry and lower back demands with Pearson correlation coefficients. All statistical tests will
be performed in SAS (SAS Institute Inc., Cary, NC).
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3.3. Study 3: Demands on the Lower Back During Load Carriage in
Asymmetrical Gait
3.3.1. Introduction
Gait asymmetries are defined as bi-lateral differences in lower limb kinematics or kinetics
(Sadeghi et al., 2000). Individuals who demonstrate asymmetrical gait have a higher incidence of
lower back pain (LBP) than those with normal gait (Devan et al., 2014; Kelsey et al., 1984;
Knutson, 2005b; Ready et al., 2018; Wolfe et al., 1996). There are several chronic and acute
causalities for asymmetrical gait. Chronic pathologies associated with asymmetric gait include
lower limb injuries, deformities, bi-lateral leg length differences, and amputations (Constantinou
et al., 2014; Dananberg, 1993; Devan et al., 2014; Knutson, 2005b; Mündermann et al., 2005).
Acute lower limb gait asymmetries can result from localized pain or a prescribed joint motion
restriction (Gulgin et al., 2018). Carrying an uneven load, awkward object, or with only one arm
can by themselves temporarily induce asymmetric gait (Bergmann et al., 1997; DeVita et al., 1991;
Wang and Gillette, 2018).
Studies using in vivo measurements and in silico biomechanical musculoskeletal models to
determine lower back loading have demonstrated that both upper and lower limb induced
asymmetries result in larger lower back demands than that of symmetrical healthy gait (Cappozzo
and Gazzani, 1982; Hendershot et al., 2018; Hendershot and Wolf, 2014; McGill et al., 2013;
Rohlmann et al., 2014c; Rose et al., 2013; Shojaei et al., 2016; Wilke et al., 2001; Yoder et al.,
2015; Yu et al., 2014). In fact, carrying a weight solely in one hand can produce higher
compressive loads than when twice the total weight is carried evenly in two hands (McGill et al.,
2013; Rohlmann et al., 2014c; Wilke et al., 2001). However, the combined effect of load carriage
asymmetries and lower limb asymmetrical gait on lower back demands has not been determined.
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Therefore, the objective of this study is to determine how upper extremity load carriage
techniques affect lower back demands during both symmetrical and asymmetrical gait. To study
this, healthy able-bodied participants will wear a medical-grade walking boot on one leg to induce
a lower limb gait asymmetry (see Study 2) and in addition will be asked to carry prescribed weights
in either one or two hands. Lower back demands will be determined with an EMG optimization
(EMGopt) driven OpenSim musculoskeletal model of the lower back (Study 1). By establishing
how an everyday activity such as load carriage can affect lower back demands for those a lower
limb asymmetry, clinicians and ergonomists may be able to help reduce lower back pain and injury
in individuals with asymmetric gait (Devan et al., 2014).

3.3.2. Aims and Hypotheses
Aim 3.1: To examine how upper extremity load carriage can affect lower back demands
during asymmetrical gait.
Hypothesis 3.1.1: Uni-lateral loads carried on the side contralateral to the walking boot
will be more demanding on the lower back compared to ipsilateral load carriage.
Hypothesis 3.1.2: Upper extremity load carriage combined with lower limb asymmetry
will produce greater lower back demands than either upper extremity load carriage or lower limb
asymmetries alone.

3.3.3. Methods
Participants
Eight (n=12; 6 male) participants will be recruited from the general university population
(see Appendix B for the rationale). Inclusion / exclusion criteria will be the same as in Studies 1
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and 2. All subjects will be required to read and sign an Informed Consent document approved by
the University of Massachusetts Amherst Institutional Review Board.

Equipment and Setup
The experimental setup and techniques described in Studies 1 and 2 will be used to collect
motion capture, dynamometer and electromyography (EMG) data, implement treadmill walking
and load carrying trials, test for fatigue, and effect a walking boot asymmetry perturbation.
Walking trials will include normal symmetrical gait, and asymmetrical gait with the walking boot
worn on the right limb of each participant. Hand-held adjustable weight dumbbells will be carried
both bi- and uni-laterally in symmetrical and asymmetrical conditions (Fig. 3.3.1). Dumbbell
weight will be specified based on each participant’s body weight.

Figure 3.3.1. Schematic of the gait and load carriage experimental conditions. See Table 3.3.1 and in text
Procedure for complete details on walking trial sets.
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Procedure
Participants will wear form-fitting clothing and comfortable footwear during
measurements of anthropometry, leg length discrepancy, leg dominance, shoe sole depth, selfselected treadmill walking speed (SSS), MVCs, and experimental walking conditions.
Twelve experimental walking and load carriage tasks will be performed at 90% of each
participant’s SSS (90S; Table 3.3.1.). The 90S condition represents the speeds reported while
participants wore a similar walking boot or were required to carry a load (Crosbie et al., 1994;
Gulgin et al., 2018; Nottrodt and Manley, 1989). The twelve trials will consist of five symmetrical
walking trials and seven asymmetrical walking trials with the walking boot on the right leg. For
the symmetrical tasks, upper extremity load carriage conditions include a no-load control trial and
trials of 7.5% (7.5BW) and 15.0% (15BW) body weight loads carried in two hands (bi-lateral) and
in the right hand only (uni-lateral). In the asymmetrical walking boot trials, uni-lateral one-hand
carries will be conducted with the weight in both the contralateral and ipsilateral hands with respect
to the walking boot. Thus, seven asymmetrical trials will include a no-load trial, two bi-lateral
two-handed carries of 7.5BW and 15BW, and four uni-lateral carriage trials (7.5BW and 15BW in
both right and left hands).
The control 90S walking trial will consist of 90 seconds of acclimation and 30 seconds of
data collection (Matsas et al., 2000; Taylor et al., 1996). The unloaded walking boot trial will
consist of 270 seconds acclimation and 30 seconds of data collection. Due to manual material
handling recommendations (Dick et al., 2017), each carrying task will be restricted to only 20
seconds of acclimation prior to recording the task for 30 second. Data from standing calibration
poses will be recorded prior to and after all tasks have been performed.
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To reduce the number of necessary motion capture marker adjustments and corresponding
model calibration poses, a randomized block design will separate the seven walking boot trials
from the five symmetrical gait trials. The symmetrical walking block will always precede the
walking boot block to prevent post-adaptations, and both blocks will commence with their
respective no-load control trial. After the symmetrical gait conditions, all motion capture markers
below the right knee will be removed and placed in equivalent locations on the surface of the
walking boot. Two minutes of rest will be provided between each walking and carrying trial to
minimize fatigue.

Table 3.3.1. The twelve different walking and load carriage trials. Each trial will be performed at 90% of a
participant’s self-selected treadmill walking speed (90S). All conditions will be block randomized by trials
involving and not involving the walking boot. Loads will be participant-specific and based on a percentage of
bodyweight (%BW). Uni-lateral-contralateral and uni-lateral-ipsilateral carrying locations represent the load
carriage side relative to the walking boot on the right foot. Superscripts denote the analysis of variance
(ANOVA) test group(s) assigned to that trial. *Only the uni-lateral asymmetrical carrying location that results
the largest lower back demands will be used in test ‘b’. **Bi-lateral loads will be equally distributed between
the left and right hands.

Gait Condition

Carrying Location

Total Load Carried (%BW)

None
Symmetrical
(Shoes)

Bi-lateral**

7.5b

15b

Uni-lateral (Right Hand)

7.5b

15b

7.5b

15b

Uni-lateral (Contralateral)

7.5a,b*

15a,b*

Uni-lateral (Ipsilateral)

7.5a,b*

15a,b*

None
Asymmetrical
(Walking Boot)

Bi-lateral**

Data Processing and Calculation of Lower Back Demands
All experimental data will be post-processed in MATLAB (MathWorks, Natick, MA) as
described in Study 1. The OpenSim (Delp et al., 2007) musculoskeletal model and EMG-
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optimization (EMGopt) approach described in Study 1 will be used to determine lower back
loading during all twelve tasks.

During walking boot trials, the right lower limb inertial

characteristics of the model will be adjusted to account for the mass of the walking boot. The
dumbbell inertial characteristics will be described as cylinders of appropriate mass and size affixed
to the hands by a weld joint.

Preliminary Statistical Analysis
Dependent variables of interest, including lower back demands and symmetry indices, will
be computed as described in Study 2. Two separate analysis of variance (ANOVA; α= 0.05) tests
will determine a) if there is an effect of uni-lateral hand carriage location relative to the walking
boot side and b) if different load carriage techniques can be more deleterious for those with gait
asymmetries (Table 3.3.1). For the former test (a) a two-way (2 uni-lateral hand locations × 2
weights carried) repeated-measures ANOVA test will compare the effects of contra- versus
ipsilateral to the walking boot uni-lateral load carriage demands. The uni-lateral carrying location
(contra- or ipsilateral) resulting in higher lower back demands will be applied in the second test on
load carriage and gait asymmetries. For this second test (b) a three-way (2 gait symmetries × 2
carriage types × 2 weights carried) ANOVA will compare lower back demands and levels of
asymmetry across different gait types, load carriage types, and load magnitudes. Tukey post hoc
testing will analyze significant ANOVA findings, while paired t-tests can potentially compare
select conditions to symmetrical or asymmetrical control conditions. All statistical tests will be
performed in SAS (SAS Institute Inc., Cary, NC).
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3.4.

Amendments to the Proposed Methods
Due to unforeseen data and modeling complications, several alterations were made to the

details in the original proposal (see Chapter 3.1-3.3). This section briefly describes all pertinent
modifications to the proposed methods.

Musculoskeletal Model
After careful qualitative examination of pilot date, the musculoskeletal model (see
Appendix C) applied a top-down approach to determine the lumbar joint moments. This approach
was chosen because high frequency noise from the treadmill’s ground reaction forces
contaminated the lower back resultant joint moments from the bottom-up approach (Fig. 3.4.1).
Future evaluations of the model should compare bottom-up and top-down approaches with an
overground setup using fixed force plates (Kingma et al., 1996).

Figure 3.4.1. L5/S1 vertebral joint internal moments from a representative participant during steady state gait
calculated with top-down and bottom-up computational approaches. Positive values are representative of
extensor, right lateral flexor, and right axial rotation moments (N*m) in the sagittal, frontal, and axial planes,
respectively. The gait cycle was defined from consecutive right heel strikes. Maroon and grey lines represent
top-down and bottom-up approaches, respectively. Abbreviations: left heel strike (LHS), left toe-off (LTO), and
right toe-off (RTO).

75

General Experimental Setup
Due to issues with electromyography (EMG) electrodes, the experimental protocol
regarding maximal voluntary contractions (MVCs) was changed. Preliminary assessments
revealed that EMG data from several initial participants (n=6) was unusable due to electrode
movement occurring during MVCs when they were performed before the gait trials. To solve the
issue MVCs instead were performed at the end of the protocol and with only two repetitions in
each posture. Secondly, it was found that a rigid marker cluster could not be effectively and
comfortably attached to the participant’s upper back (thorax) as proposed. Instead, a single marker
was placed over the T6 vertebra. The thorax kinematics were tracked with the T6 and five other
markers placed anterior and posterior above L1 and below C7 vertebrae (see Fig. 4.2.1).

General Analysis
All statistics tests were performed in MATLAB (MathWorks, Natick, MA) and not SAS
(SAS Institute Inc., Cary, NC) as originally proposed. The decision to switch programs was based
on personal preference, the statistical comparisons being made, and restricted access to on-campus
SAS software during the COVID-19 pandemic.

Study 1
The unloaded walking condition at 90% of self-selected speed (90S) was not included in
the Study 1 comparisons because it was not applicable to any published comparisons. For
sensitivity tests, EMG activity was artificially adjusted ±10% for each of the 6 bilateral electrode
groups rather than each of the 12 individual electrodes to reduce the number of comparisons to a
more manageable number.

Finally, participant-specific maximum muscle strengths were

compared to a nominal maximum muscle strength of 100 N/cm2 used in other models (e.g.
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Beaucage-Gauvreau et al., 2019).

This was determined to be a more severe and relevant

comparison than the proposed ±10% adjustment scheme.

Study 2
Due to a lack of any statistical effects from any of the asymmetry perturbations on L5/S1
vertebral joint forces, Pearson-correlation comparisons between spatiotemporal asymmetries and
joint forces were deemed not useful and were therefore omitted.

Study 3
Uni- and bilateral dumbbell hand load location comparisons were made relative to each
dumbbell’s mass rather than to the total load being carried by the participants. While this was a
more conservative comparison, it prevented the two-handed 3.75% bodyweight dumbbell carries
from being incorporated into the statistical analysis because one-hand 3.75% carries were not
administered.
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CHAPTER 4
STUDY 1
AN EMG OPTIMIZATION OPENSIM MUSCULOSKELETAL MODEL OF THE
LOWER BACK KINETIC DEMANDS IN GAIT

4.1.

Introduction
Lower back pain is a multifactorial musculoskeletal disorder with a reported global point

prevalence of 7.5% (Wu et al., 2020). Internal kinetic demands on the lower back from everyday
tasks are an important risk factor associated with the occurrence of lower back pain (da Costa and
Vieira, 2010; Norman et al., 1998) and are often compared to alternative tasks, established tissue
tolerances, and injury reports to develop safety guidelines and rehabilitation programs. However,
internal kinetic demands are impractical to measure in vivo (Dreischarf et al., 2016), so
biomechanical musculoskeletal models of the lower back which apply observed kinematics,
mathematical equations, established anatomy, and biological assumptions have been developed.
Such models should be evaluated through comparisons with known measures, previous model
calculations, established principles, and tested for input parameter sensitivity to generate
confidence in their calculated outcome measures (Cholewicki and McGill, 1996; Hicks et al.,
2015; Neptune, 2000).
There are several open-source lower back models available in OpenSim (Delp et al., 2007),
most based on an original model of Christophy et al. (2012) and then refined and evaluated for
specific applications (Actis et al., 2018a; Beaucage-Gauvreau et al., 2019; Bruno et al., 2015;
Molinaro et al., 2020; Raabe and Chaudhari, 2016; Senteler et al., 2016; Zhu et al., 2017). The
majority of these models have used static optimization (SOpt) to estimate the individual muscular
forces responsible for the observed kinematics (Crownshield and Brand, 1981), and none have
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been explicitly evaluated for the analysis of lower back demands during walking gait. SOpt is
based on the premise that muscles will be recruited to minimize a criterion objective function such
as fatigue, and therefore it is inherently biased against the prediction of antagonistic muscle
activation (Marras, 1988). In contrast, models that incorporate electromyography (EMG) to
estimate muscular contributions can reflect participant-specific recruitment strategies, antagonistic
activity, and strength potentials (Davis and Jorgensen, 2005; Le et al., 2017). The accurate
distribution of individual muscle forces is crucial in estimating the amount of stress on anatomical
tissues (Marras, 2000). EMG-based models may therefore provide improved accuracy and insight
into how tasks and recruitment strategies effect lower back loading.
EMG-assisted models come in two forms. Models driven strictly by EMG apply measured
and calibrated muscle activity to directly predict muscular forces (Davis and Jorgensen, 2005).
Unfortunately, due to physiological complexities and the inherent limitations of EMG (Davis and
Jorgensen, 2005; van Dieën and Visser, 1999), the forces predicted from an EMG-driven model
will not necessarily satisfy the joint demands calculated from inverse dynamics (Choi and
Vanderby, 1999; Cholewicki et al., 1995; Gagnon et al., 2001). To overcome this limitation, an
EMG optimization method (EMGopt) was developed by Cholewicki and McGill (1994). By
minimally adjusting the measured EMG activations to match the calculated joint demands,
EMGopt is capable of alleviating the flaws of both the optimization and EMG-driven approaches
while simultaneously incorporating some of the advantages of each (Choi and Vanderby, 1999;
Cholewicki et al., 1995; Gagnon et al., 2001; Li and Chow, 2019). An EMGopt framework has
not yet been developed for use in OpenSim.
Therefore, the primary objective of this study was to develop and evaluate an EMGopt
framework for defining muscular contributions in a participant specific OpenSim musculoskeletal
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model. For evaluation, the lower back demands predicted by EMGopt were compared directly to
results from a standard SOpt algorithm, and indirectly to demands reported in the literature during
similar gait tasks (Callaghan et al., 1999; McGill et al., 2013; Rohlmann et al., 2014a, 2014c, 2008;
Rose et al., 2013; Wilke et al., 1999). The sensitivity of the model’s estimated joint demands to
reported variability in muscular activity and participant-specific strength potentials was also
investigated. The motivation of this study was to develop an EMGopt model that could be applied
in subsequent studies to help improve our understanding of how different gait and load carriage
asymmetries can adversely impact lower back demands.

4.2.

Methods

Participants
Six (n=6; male=3) participants were recruited from a university population.

The

participants were on average 25 (SD±3) years old, 65.2 (±9.6) kgs, and 171 (±9.1) cm tall.
Participants over 40 years old, or with a high body mass index (BMI > 30), history of lower back
pain, low self-reported level of physical activity, or any neurological issues were excluded. All
subjects read and signed an Informed Consent document approved by the University of
Massachusetts Amherst Institutional Review Board.

Equipment and Setup
Full-body three-dimensional kinematics were collected at 100 Hz with an eight-camera
motion analysis system (Qualisys AB, Gothenburg, Sweden). The motion of body segments and
select anatomical landmarks from each participant were captured with a combination of individual
and clustered 12.5 mm reflective markers (Fig. 4.2.1). Specifically, for the trunk and pelvis,
kinematics were tracked with markers placed on both anterior superior iliac spines (ASIS), both
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posterior superior iliac spines, both iliac crests, both acromion, the xiphoid process, sternal notch,
and over the C7 and T6 vertebrae.
Electromyograms (EMG) from twelve wireless surface electrodes (Delsys Inc., Natick,
MA) were sampled at 2000 Hz. Electrodes were positioned (Fig. 4.2.1) based on previous studies
(Gagnon et al., 2011; McGill et al., 2013) over six bilateral trunk muscles: rectus abdominis (3 cm
lateral to umbilicus), external oblique (3 cm lateral to the linea semilunaris), internal oblique (at
the level of the ASIS but superior to the inguinal ligament and medial to linea semilunaris),
latissimus dorsi (inferior to scapula over muscle belly when arms are abducted), longissimus
thoracis pars thoracis (3 cm lateral to L1), and iliocostalis lumborum pars thoracis (6 cm lateral to
L3).
Isometric maximal voluntary contractions (MVCs) were measured with a Biodex
dynamometer (Biodex Medical Systems Inc., Shirley, NY) to establish maximal EMG amplitudes
and trunk flexion, extension, lateral bending, and axial rotation torques for each participant. A
series of static stance, walking and carrying tasks took place on an instrumented treadmill
(Treadmetrix, Park City, UT) which provided gait pacing and measured ground reaction forces
(GRF). The dynamometer torque and the gait GRF information were both sampled at 2000 Hz
with a 16-bit A/D convertor (USB-2533, Measurement Computing Corporation, Norton, MA).
The motion capture, EMG, and GRF signals were all synchronously collected within Qualisys’s
Track Manager software.
Hand-held adjustable weight dumbbells were held statically and carried both bi- and unilaterally (right hand only) in symmetrical and asymmetrical gait carriage conditions. Dumbbell
weight magnitudes were based on each participant’s body weight.
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Figure 4.2.1. Full-body OpenSim musculoskeletal model. Dark grey spheres represent the location of the 64
reflective markers used for motion tracking, black rectangles the placement for the 12 electromyography
(EMG) sensors used to monitor the muscular activity of the trunk, and the cylindrical rods simulate the added
inertia of dumbbell’s during carrying tasks.

Procedure
Participants donned form-fitting clothing and comfortable walking or running shoes prior
to measurements of anthropometry, self-selected treadmill walking speed (SSS), the experimental
evaluation tasks, and MVCs. Anthropometry measures of height and body weight were taken with
a tape measure and balance scale. SSS on the treadmill was determined by prompting participants
to correct the treadmill belt-speed from an initial randomly chosen high or low speed to a
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“comfortable walking speed which they can maintain for 3-5 minutes with minimal effort and
discomfort”. Incremental speed adjustments blinded from the participant were made by the
investigator in response to verbal cues from the participant. The SSS process was repeated until
the participant consistently identified the same SSS. A 90% SSS (90S) value was calculated for
each participant, representing the reported walking speed adaptation of participants during
carrying tasks (Crosbie et al., 1994). After SSS determination, EMG electrodes were placed on
the participant. To improve EMG quality, excess body hair at each electrode site was shaved and
unwanted dead skin and oils removed with fine sandpaper and alcohol wipes. All EMG signals
were continuously monitored for signal quality (Tankisi et al., 2020). Following electrode
placement, the motion capture markers were attached to the participant.
The model was initially developed and pre-tested while participants stood quietly, and
while holding dumbbells of 3.75%, 7.5%, or 15% body weight (3.75BW, 7.5BW, and 15BW,
respectively) in each hand (see Supplemental Material). To fully evaluate the model for gait,
participants performed a variety of tasks in which 1) the lumbar loading in vivo has been directly
quantified (Rohlmann et al., 2014c, 2014a; Wilke et al., 1999), 2) a similar EMG-assisted
computer model has calculated loads (Callaghan et al., 1999; McGill et al., 2013; Rose et al.,
2013), 3) various modeling approaches can be differentiated, and 4) the sensitivity of EMGopt
parameters across a variety of gait tasks can be determined (Table 4.2.1). These tasks included
walking at SSS and 0.83 m/s, walking at 90S while carrying a dumbbell of 7.5% (r7.5BW) or 15%
(r15BW) of bodyweight in only their right hand, and walking at 90S while carrying dumbbells of
7.5% (b7.5BW) or 15% (b15BW) in each hand. During both unloaded walking tasks, participants
walked for 90 seconds to acclimate prior to recording the task for 30 seconds (Matsas et al., 2000;
Taylor et al., 1996). For each carrying task, participants carried the prescribed load uninterrupted
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for 20 seconds to acclimate followed by 30 seconds in which the task was recorded (Dick et al.,
2017). Data from standing calibration poses were recorded prior to all tasks being performed in a
random order. Two minutes of rest were imposed between each task to minimize fatigue.
After completion of all the tasks, each participant performed a series of MVC efforts on
the dynamometer against a custom bar designed to resist trunk flexion, extension, lateral bending,
and axial rotation (Fig. 4.2.2). MVCs were performed following the tasks to minimize the risk of
compromising the electrodes’ connection to the skin prior to the evaluation tasks. For the MVCs
the dynamometer seat back was flattened horizontally, with the bar positioned dorsally at the
midthoracic level during extension, ventrally just below the sternal notch during flexion and axial
rotation exertions, and lateral on the arm at the level of the sternal notch during lateral bending
exertions.

The bar angle, distance of bar to the dynamometer center of rotation and the

participants’ pelvic position were recorded and applied to convert the measured torque into an
equivalent bar reaction force vector applied to the trunk. Six different trunk exertions were
performed (McGill, 1991; McGill et al., 2013). Five of the MVC exertions (trunk flexion, bilateral twisting, and bi-lateral lateral bending) took place from a sit-up position with the torso,
knees, and hips flexed at approximately 45, 90, and 90-degrees, respectively (as estimated by a
handheld goniometer). The sixth maximal effort (back extension) was performed with the
participant prone and safely suspended from the dynamometer seat in a horizontal position with a
slightly flexed torso (Biering-Sorensen, 1984). During each MVC, the participant was verbally
encouraged and cued to perform maximally against the static bar for 3-5 seconds while EMG
activity and dynamometer torque were recorded. To lessen participant discomfort and fatigue,
only two repetitions of each MVC effort were performed with all exertions separated by 2-minutes
of rest.
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Table 4.2.1. Experimental tasks and the comparisons used to test the model and approach. The dependent
variables (in parenthesis) used in each comparison were task and study specific. Abbreviations: anteriorposterior (AP), electromyography (EMG), EMG optimization (EMGopt), maximum musculotendon stress
(MMS), self-selected speed (SSS), static optimization (SOpt), 15% body weight (15BW), and 7.5% body weight
(7.5BW). *All carrying tasks were performed at 90% of SSS.
Position

Task

Direct Comparison(s)

Indirect Comparison(s)

SSS

EMGopt vs. SOpt
(Lumbar Joint Loads);
EMG & MMS Sensitivity
(L5/S1 Joint Loads & EMG)

Callaghan et al., 1999 (peak L4/L5 compression);
Rose et al., 2013 (peak L2/L3 AP shear);
Rohlmann et al., 2014a (L1/L2 resultant force);
Wilke et al., 1999 (peak L4/L5 compression)

0.83 m/s

EMGopt vs. SOpt
(Lumbar Joint Loads)

Rohlmann et al., 2014a (L1/L2 Resultant Force)

7.5BW
in right hand

EMGopt vs. SOpt
(Lumbar Joint Loads)

Rohlmann et al., 2014c (peak L1/L2 resultant force);
Rose et al., 2013 (peak L2/L3 AP shear)

Walking

15BW
in right hand
Carrying*
7.5BW
in each hand
15BW
in each hand

EMGopt vs. SOpt
(Lumbar Joint Loads);
EMG & MMS Sensitivity
(L5/S1 Joint Loads & EMG)
EMGopt vs. SOpt
(Lumbar Joint Loads);
EMG & MMS Sensitivity
(L5/S1 Joint Loads & EMG)
EMGopt vs. SOpt
(Lumbar Joint Loads)

McGill et al., 2013 (average L4/L5 joint loads);
Rohlmann et al., 2014c (peak L1/L2 resultant force);
Rose et al., 2013 (peak L2/L3 AP shear)

McGill et al., 2013 (average L4/L5 joint loads);

McGill et al., 2013 (average L4/L5 joint loads);
Rohlmann et al., 2014c (peak L1/L2 resultant force);

Figure 4.2.2. Positions used for the 5-second static Maximal Voluntary Contractions against the dynameter.
Panel A) Sit-up position utilized for maximal trunk flexion, twisting, and lateral bending efforts (note: for
lateral bending, the dynamometer resistance were rotated 90-degrees and positioned laterally against the upper
arm) and B) Biering-Sorensen (1984) horizontal position used for maximal trunk extension efforts against the
bar.
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Data Processing
All data were post-processed in MATLAB (MathWorks, Natick, MA). Marker positions,
GRFs, and dynamometer torques were filtered using a fourth-order zero-lag low pass Butterworth
filter with a 6-Hz cutoff frequency selected from a residual analysis (Winter, 2009). EMG activity
from each muscle was detrended, band-pass filtered (30 – 500 Hz), full wave rectified, and then
low-pass filtered with a fourth-order 3 Hz zero-lag Butterworth filter (Brereton and McGill, 1998)
before time-shifting by 10 ms to account for physiological electromagnetic delay (Corcos et al.,
1992). Participant-specific EMGs were first scaled to their muscle-specific MVC maximum levels
and then non-linearly scaled to better match the reported EMG-to-force relationship (Cholewicki
et al., 1995). Filtered external forces and EMG linear envelopes were synchronously down
sampled from 2000 Hz to 100 Hz to match the motion capture sample frequency.
All walking and carrying trials were time normalized by strides, with initiation and
termination established from consecutive right heel strikes as identified by heel marker anteriorposterior velocities (Zeni et al., 2008), due to the absence of leg-independent GRFs. Maximum,
minimum, and average values from each dependent variable of interest were derived from an
ensemble average of three consecutive strides extracted from the latter portion of the 30-second
data collection. Joint forces were normalized relative to each participant’s bodyweight.
Musculoskeletal Model
Two separate full-body lumbar spine models with 27 segments, six lumbar joints, and 238
Hill-type trunk musculotendon actuators (MTAs; Hill, 1938; Thelen, 2003; Zajac, 1989) were
developed within the OpenSim 4.0 modeling system (Delp et al., 2007). Model m29DoF with 29
degrees-of-freedom was based on the full-body lifting model of Beaucage-Gauvreau et al. (2019)
and was used to determine the kinematics of each trial from recorded marker positions (Fig. 4.2.3).
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Several modifications to the original model were made for simplicity, anatomical consistency and
to improve model sensitivity (see section C of Appendices). Model m47DoF was identical to
m29DoF except for the absence of coordinate coupler constraints on the lower back and abdominal
joints. The kinematic motion from m29DoF was assigned to model m47DoF with 47 degrees-offreedom to determine accurate MTA moment arms (Banks et al., 2019) across all six lumbar joints,
and to compute joint loads (Fig. 4.2.3).
Both models were sized using the OpenSim scaling tool to match the calibration pose and
anthropometry of the individual participants. The muscular strength potentials of the m47DoF
MTAs were adjusted from a default nonspecific 100 N/cm2 maximal stress to individual maximal
muscular stress (MMS) values matching the maximal torque outputs from the MVC tasks for each
participant. For this adjustment, the inverse dynamics tool in OpenSim was used along with the
external forces and generic model states during each of the six MVC positions to calculate lumbar
joint moments. To incorporate a level of antagonistic muscle forces in the model solution, all
MTAs were assigned a minimal lower activity level of 0.05, based on the average antagonistic
EMG activity observed during the MVC task. The highest calculated MMS from the six (five situp and an extension) positions was used to determine the maximal isometric force potential of the
trunk flexors and extensors, respectively.
Participant-specific models were used to analyze the walking and carrying tasks. During
carrying tasks, the dumbbell inertial characteristics were described as cylinders of appropriate
mass and size affixed to the hands by a weld joint. The OpenSim inverse kinematics tool was used
to best fit the m29DoF model with the recorded marker position data to determine generalized
segmental coordinates. These segmental coordinates were then used to calculate the m47DoF
model states and the “top-down” lower back joint moments from OpenSim’s analysis and inverse
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dynamics tools, respectively. Both SOpt and EMGopt approaches were separately applied to
partition the lower back joint moments across the 238 MTAs (see next section for details). Model
MTA, inertial, and external forces were input into the OpenSim joint reaction analysis tool to
calculate the resultant lumbar joint forces from both optimization approaches. Lumbar joint forces
were expressed in the most caudal lumbar joint coordinate system. All OpenSim tools and libraries
were integrated with a custom MATLAB application programming interface in order to minimize
error, implement the optimization algorithms, and improve workflow efficiency (Lee and
Umberger, 2016).

Figure 4.2.3. Flow chart of EMGopt model input/output processes. Braced numbers depict implementation
sequence. Abbreviations: electromyography (EMG), ground reaction forces (GRF), and musculotendon
actuator (MTA). Notes: 1) in addition to the above processes, MTA strength potential was also scaled to
participant-specific maximal muscular stresses (see text for further details), and 2) the static optimization
(SOpt) processes were similar, but did not make use of EMG information in Step 6.

Approaches to Solving Muscle Indeterminacy
The contribution of each individual MTA force towards the calculated joint moments was
solved with two different optimization approaches, both run in MATLAB with the fmincon
sequential quadratic programming algorithm. The first approach (SOpt) was based upon the
hypothesis that MTAs are recruited in such a way as to minimize muscular fatigue (Crownshield
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and Brand, 1981), represented by an objective (JSO) minimizing the sum of the squared activations
(ai) across all the MTAs (i = 1 to 238):
238

𝐽𝑆𝑂 = 𝑚𝑖𝑛 ∑(𝑎𝑖 )2

(Eq. 4.2.1)

𝑖=1

subject to the following inequality constraints for each lumbar joint (j = 1 to 6):
|𝑀𝑀𝑇𝐴𝑥 − 𝑀𝐼𝐷𝑥 | ≤ |0.005 ∗ 𝑀𝐼𝐷𝑥 |
𝑗

𝑗

(Eq. 4.2.2)

𝑗

(Eq. 4.2.3)
|𝑀𝑀𝑇𝐴𝑦 − 𝑀𝐼𝐷𝑦 | ≤ |0.005 ∗ 𝑀𝐼𝐷𝑦 |
𝑗

𝑗

𝑗

|𝑀𝑀𝑇𝐴𝑧 − 𝑀𝐼𝐷𝑧 | ≤ |0.005 ∗ 𝑀𝐼𝐷𝑧 |
𝑗

𝑗

𝑗

(Eq. 4.2.4)
(Eq. 4.2.5)

0.01 ≤ 𝑎𝑖 ≤ 1.00
where x, y, z are the orthogonal moments (MMTA) resulting from the MTA forces predicted by the
SOpt constrained to match the moments calculated from inverse dynamics (MID) to within +0.5%,
with MTA activations positive and between 0.01 and 1.00. All MTA maximal force potentials
were further constrained by their kinematic state and maximal isometric potential (Thelen, 2003;
Zajac, 1989).
The second optimization approach (EMGopt) balanced joint moments with minimal
adjustments to measured EMG activity (Cholewicki and McGill, 1994). The objective function
for EMGopt (JEMG) followed the multi-joint convention established by Gagnon et al. (2011):
238

𝐽𝐸𝑀𝐺 = min ∑ 𝑀𝑛𝑜𝑟𝑚𝑖 (1 − 𝑔𝑖 )2

(Eq. 4.2.6)

𝑖=1

with:

𝑀𝑛𝑜𝑟𝑚𝑖 = √∑(𝑀𝑀𝑇𝐴𝑥(𝑖,𝑗) 2 + 𝑀𝑀𝑇𝐴𝑦(𝑖,𝑗) 2 + 𝑀𝑀𝑇𝐴𝑧(𝑖,𝑗) 2 )
𝑖
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(Eq. 4.2.7)

which will minimize the adjustments (𝑔𝑖 ) made to the predicted muscular forces based on the
Euclidean moments norm (Mnorm) from each MTA (i = 1 to 238) about each joint (j = 1 to 6) subject
to the following constraints:
|𝑔𝑖 𝑀𝑀𝑇𝐴𝑥 − 𝑀𝐼𝐷𝑥 | ≤ |0.005 ∗ 𝑀𝐼𝐷𝑥 |
𝑗

𝑗

(Eq. 4.2.8)

𝑗

(Eq. 4.2.9)
|𝑔𝑖 𝑀𝑀𝑇𝐴𝑦 − 𝑀𝐼𝐷𝑦 | ≤ |0.005 ∗ 𝑀𝐼𝐷𝑦 |
𝑗

𝑗

𝑗

|𝑔𝑖 𝑀𝑀𝑇𝐴𝑧 − 𝑀𝐼𝐷𝑧 | ≤ |0.005 ∗ 𝑀𝐼𝐷𝑧 |
𝑗

𝑗

𝑗

(Eq. 4.2.10)
(Eq. 4.2.11)

𝑇ℎ𝑟𝑒𝑠 ≤ 𝑔𝑖 ≤ 1/𝑒𝑚𝑔𝑎𝑖
where x, y, z are the orthogonal moments (MMTA) resulting from the MTA forces (i = 1 to 238) and
their moment arms. The MTA forces are a product of the current MTA potential, the EMG
activations (𝑒𝑚𝑔𝑎𝑖 ), and the adjustment factors (𝑔𝑖 ). The constraints ensure that the optimized
MTA forces produce moments that match the corresponding moments calculated from inverse
dynamics to within +0.5%. Adjustment factor ranges were MTA-specific and designed to keep
all MTA forces below their maximal force potential and above a specified fraction of their
measured activation (Gagnon et al., 2016). MTAs with surface EMG electrodes (rectus abdominis,
external obliques, internal obliques, latissimus dorsi, longissimus thoracis pars thoracis, and
iliocostalis lumborum pars thoracis) were assigned a stringent 𝑇ℎ𝑟𝑒𝑠 = 0.50 for 𝑔𝑖 which kept
activations at or above 50% of their recorded magnitude. MTAs without an assigned electrode
(psoas, multifidus, quadratus lumborum, longissimus thoracis pars lumborum, and iliocostalis
lumborum pars lumborum) were provided a more lenient 𝑇ℎ𝑟𝑒𝑠 = 0.01 for 𝑔𝑖 and had their
activations based on electrode activity (𝑒𝑚𝑔𝑎𝑖 ) from nearby MTA synergists (see Appendix C,
Table C.1; Gagnon et al., 2011; McGill et al., 1996).
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Model Evaluation
Five different evaluation tests were performed, including three designed to examine the
validity of the model and EMGopt approach. The first evaluation test compared predicted EMGopt
and SOpt lumbar joint forces across all the walking and carrying tasks. The second test was
designed to indirectly compare equivalent joint loads and tasks from the current EMGopt and SOpt
approaches with previously reported in vivo and EMG-assisted in silico loads (Callaghan et al.,
1999; McGill et al., 2013; Rohlmann et al., 2014a, 2014c, 2008; Rose et al., 2013; Wilke et al.,
1999). Loads from all studies were normalized to bodyweights. The pressure measurements from
Wilke et al. (1999) were converted to an estimation of force by the methods described by
Nachemson (Dreischarf et al., 2016; Nachemson, 1966, 1960). Thirdly, the ability of the both
EMGopt and SOpt activations to reflect the recorded EMG activity were quantified with crosscorrelations and root mean squared errors (RMSE) across tasks of SSS, carrying 15BW in only
their right hand, and carrying 7.5BW in each hand.
The sensitivity of the EMGopt approach to the measured EMG activity and trunk force
potential was evaluated by assessing how absences or variations in these measurements can alter
the calculated lower back demands at the L5/S1 joint. First, the inherent variability associated
with EMG activity was tested by artificially adjusting the measured EMG maximal activity from
each of the six bi-lateral trunk muscles by +10% (Ahern et al., 1986; Lehman, 2002; Yang and
Winter, 1983). Next the impact of participant-specific MTA strength potential adjustments was
evaluated by comparing the total EMG gain adjustments from the standard model with a model
using an arbitrary generic 100 N/cm2 MMS solution. Here it was assumed that a lower total gain
adjustment applied in Eq. 4.2.6 (∑238
𝑖=1 (1 − 𝑔𝑖 )) would reflect a more representative and efficient
match between the model and the calculated kinetic demands of the task. For each sensitivity test
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scenario, the peak L5/S1 joint loads from SSS normal walking, carrying 15BW in only their right
hand, and carrying 7.5BW in each hand were compared to either their unadjusted EMG (baseline)
or nominal MMS task demands.

Statistical Analysis
Three-way repeated-measures analysis of variances (ANOVAs) with appropriate Tukey
post-hoc testing were performed to test (α < .05) the main effects of the two optimization
approaches (EMGopt and SOpt), six walking and carrying conditions, and six lumbar vertebral
joint levels (L5/S1 thru T12/L1) on the absolute peak compressive and shear forces (dependent
variables). To evaluate our results from both optimization approaches with previously reported
model joint forces (in vivo), independent ANOVAs compared lumbar loads (dependent variable)
across equivalent lumbar joint levels and task(s) (Table 4.2.1). In addition, when there were
multiple tasks to contrast, independent one-way ANOVAs tested if task differences from each
model and approach were significant. For the third evaluation test, paired t-tests compared (α <
.05) the cross-correlation and RMSE values of EMGopt and SOpt for each bilateral muscle group
across the experimental tasks. Similarly, paired t-tests compared the L5/S1 loading sensitivity from
each of the twelve different altered muscle group activation scenarios to the baseline results.
Finally, paired t-tests again compared the L5/S1 compression, anterior-posterior shear, mediallateral shear maximums, and total gain adjustments between the participant specific baseline MMS
models and an unadjusted nonspecific model.
MATLAB’s Statistical Toolbox.
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All statistical tests were performed using

4.3.

Results and Discussion

Evaluation 1: Predicted Joint Forces for EMGopt and SOpt
Across all walking and carrying tasks, lumbar vertebral joint force estimates from EMGopt
and SOpt followed similar patterns throughout the gait cycle (see Fig. 4.3.1 for SSS walking; 1.19
± 0.19 m/s) and resembled previous reports (Callaghan et al., 1999). All joint forces generally
peaked following heel strikes and were at their lowest around contralateral toe-off.

Figure 4.3.1. Average participant vertebral joint forces estimated from EMGopt and SOpt models across all
lumbar levels throughout the gait cycle during self-selected speed treadmill walking. The gait cycle was defined
from right to right leg heel strike and forces are expressed as a percentage of bodyweight. Maroon and grey
lines represent estimates from the EMGopt and SOpt approaches, respectively. Positive anterior-posterior
(A-P) and medial-lateral (M-L) values represent shear forces in the posterior and left directions, respectively.
Additional conditions (not shown) were similar in pattern; error bars were excluded for clarity. Abbreviations:
left toe-off (LTO) or right toe-offs (RTO) and left heel-strike (LHS).

The average absolute peak compressive and shear force estimates from both EMGopt and
SOpt during all tested conditions are depicted in Fig. 4.3.2 and Table 4.3.1. Joint forces were
dependent on vertebral level (p < .01), with lower joint force magnitudes generally located at the
mid lumbar level where the spine’s lordotic curve positioned them closer to the trunk’s center of
mass (Bruno et al., 2017; Raabe and Chaudhari, 2018). This differs from vertebral joint level force
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distribution patterns during lifting tasks, when the more superior (e.g. T12/L1) lumbar joints are
flexed closer to the external load, often resulting in lower joint forces compared to inferior joints
such as the L5/S1 (Arjmand and Shirazi-Adl, 2006b; Bruno et al., 2017).
As expected, given the range of walking tasks and speeds tested, joint forces differed across
gait conditions (p < .01). In general, the four carrying tasks usually resulted in larger forces than
either of the two walking tasks (Table 4.3.1). A more detailed comparison of between-task effects
within each model and with previous reports will follow in Evaluation 2, and Studies 2 and 3.
EMGopt predicted significantly larger joint forces than SOpt (Table 4.3.1; p < .01). SOpt
aims to resolve kinetic equilibrium in a metabolically economical manner, while EMGopt
considers participant-specific MTA activity patterns that may include supplementary antagonistic
co-contraction in response to perceived stability demands (Cholewicki et al., 1995; Cholewicki
and McGill, 1996; Granata and Orishimo, 2001). Because joint loads are dictated by muscular
forces in addition to gravitational and internal forces, modeling approaches that solve for kinetic
equilibrium with added internal forces will inherently calculate greater joint loads (Li and Chow,
2019).

This observed effect would imply that the EMGopt approach optimization was

implemented correctly. However, it should be noted that larger joint forces do not necessarily
reflect more accurate estimates and the results from this test alone are not enough to justify the
implementation of one optimization technique over another.
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Figure 4.3.2. Average absolute peak vertebral lumbar joint forces for EMGopt and SOpt model estimates
across each condition and lumbar level. Error bars show the standard deviation for each estimated peak force.
All force values are normalized to a percentage of bodyweight. Data whiskers indicate ±1 standard deviation
and maroon and grey bars indicate estimates from EMGopt and SOpt models, respectively. Abbreviations:
anterior-posterior (A-P), carrying dumbbells in each hand of 15% (b15BW) or 7.5% bodyweight (b7.5BW),
carrying a dumbbell in the right hand of 15% (r15BW) or 7.5% (r7.5BW) bodyweight, self-selected walking
speed (SSS), and medial-lateral (M-L).

Table 4.3.1. Average absolute peak vertebral lumbar joint forces and level of significances for each main effect.
All force values are normalized to a percentage of bodyweight. Letters denote post hoc pairings from significant
(in bold; p < .05) differences between main effects of gait and carrying condition, optimization approach, and
vertebrae level. Interaction effects were excluded for brevity. Abbreviations: anterior-posterior (A-P),
carrying dumbbells in each hand of 15% (b15BW) or 7.5% bodyweight (b7.5BW), carrying a dumbbell in the
right hand of 15% (r15BW) or 7.5% (r7.5BW) bodyweight, self-selected walking speed (SSS), and mediallateral (M-L).
Source

Descriptive
Statistic

Condition (C)

A-P Shear
Compression
M-L Shear

0.83 m/s
18.1 (12.5)a
169.4 (66.1)a
4.6 (1.5)a

SSS
21.5 (14.8)a,d
199.2 (81.4)c
6.0 (2.3)a,b,d

A-P Shear
Optimization (O) Compression
M-L Shear

EMGopt
30.2 (18.6)b
282.8 (79.8)b
7.2 (2.9)b

SOpt
17.3 (10.3)a
157.5 (38.7)a
5.8 (2.3)a

A-P Shear
Compression
M-L Shear

L5/S1
41.2 (8.)d
257.6 (190.6)e
7.3 (5.1)c,d

L4/L5
12.2 (16.8)a,b
198.8 (206.6)a,b
5.4 (5.9)a

Vertebral Level
(V)

Independent Variable
b7.5BW
23.8 (15.3)c,d
217.1 (74.1)c
6.0 (2.1)a,b,c

b15BW
26.3 (17.4)b,c,e
246.9 (90.9)b,d
6.4 (2.7)b,d

p-value
r7.5BW
23.9 (15.5)b,d
221.3 (80.0)b,c
7.0 (2.5)c,d

r15BW
28.8 (20.0)e
267.0 (102.9)d
8.9 (2.7)e

<.01
<.01
<.01
<.01
<.01
<.01

L3/L4
8.0 (27.0)a
190.6 (223.5)a
5.1 (6.7)a
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L2/L3
16.8 (37.3)b
206.6 (243.9)b
5.9 (8.5)a,b

L1/L2
27.0 (14.8)c
223.5 (100.2)c
6.7 (3.2)b,c

T12/L1
37.3 (5.2)d
243.9 (77.5)d
8.5 (2.2)d

<.01
<.01
<.01

Evaluation 2: Indirect Comparisons with Literature
When evaluating a new model, it is important to demonstrate some level of consistency
with previous models and in vivo measurements at equivalent tasks if they exist (Hicks et al.,
2015). Given differences between models (e.g. included MTAs, MTA moment arms, joint
representation etc.), some level of discrepancy between computer models is to be expected.
Similarly, in vivo measurements can be flawed by numerous factors including their invasive nature,
low participant numbers varying by age and health status, and unaccounted tissue loading
(Dreischarf et al., 2016; Wilke et al., 1999). Therefore, we tested for differences between models
and compared how each model ranked the various gait task conditions.

in silico Models
The normalized joint forces from EMGopt and SOpt are compared with computer-based
EMG-assisted models (Callaghan et al., 1999; McGill et al., 2013; Rose et al., 2013) across
different gait tasks in Fig. 4.3.3. During SSS walking, there were model differences between the
Callaghan model, EMGopt, and SOpt for L4/L5 lumbar joint compression (p = .04; post-hoc
differences between SOpt and both the Callaghan and EMGopt models) but not shear force
estimates (p = .83). During carrying tasks, there were model differences for L4/L5 force estimates
in both compression (p < .01; post-hoc difference between EMGopt and both SOpt and McGill
models) and shear force estimates (p < .01; post-hoc difference between McGill and both EMGopt
and SOpt models). Each model qualitatively ranked the L4/L5 force magnitudes from the three
carrying tasks in the same order. All three models found no significant differences between
carrying tasks (p-values all > .55). Finally, anterior-posterior shear forces at the L2/L3 level (Rose
et al., 2013) were different across models (p < .01; post-hoc difference between Rose and both
EMGopt and SOpt models). Each model ranked the tasks in the same order according to average

96

normalized force values; however, only the Rose model identified a significantly (p < .01) larger
r15BW force compared to SSS and r7.5BW.

Figure 4.3.3. Indirect model comparisons of maximum or average in silico lumbar joint forces between EMGopt
and SOpt and published models across equivalent tasks. Row A) Compression force values; row B) shear force
values. All force values are normalized to a percentage of bodyweight and reflect the vertebral level and
measure from the original published model (as depicted under each comparison and also in Table 4.2.1). White,
maroon, and grey bars represent force estimates from the EMGopt, SOpt, and published measurements,
respectively. Abbreviations: self-selected walking speed (SSS), carrying dumbbells in each hand of 15%
(b15BW) or 7.5% body weight (b7.5BW), carrying a dumbbell in the right hand of 15% (r15BW) or 7.5%
(r7.5BW) bodyweight. Note: tasks are displayed in ascending order of force magnitudes from left to right
within each comparison.

in vivo Measurements
The normalized joint forces from EMGopt, SOpt and the in vivo measurements across
different gait tasks and lumbar vertebral levels are depicted in Fig. 4.3.4. Very low sample sizes
(n ≤ 2) from the in vivo reports (Rohlmann et al., 2014a, 2014c; Wilke et al., 1999) limit the
usefulness of quantitative statistical comparisons. Qualitatively, both EMGopt and SOpt models
predicted larger joint demands than were measured in vivo. Rankings of force magnitudes across
conditions were similar for the EMGopt and SOpt models and the in vivo measurements.
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Figure 4.3.4. Indirect model comparisons of lumbar joint forces between EMGopt and SOpt models and
published in vivo measurements across equivalent tasks. All force values are normalized to a percentage of
bodyweight and reflect the vertebral level and measure from the original published measurement (as depicted
under each comparison and also in Table 4.2.1). White, maroon, and grey bars represent force estimates from
the EMGopt, SOpt, and published measurements, respectively. Abbreviations: self-selected walking speed
(SSS), carrying dumbbells in each hand of 15% (b15BW) or 7.5% bodyweight (b7.5BW), and carrying a
dumbbell in the right hand of 15% (r15BW) or 7.5% (r7.5BW) bodyweight. Note: tasks are displayed in
ascending order of force magnitudes from left to right within each comparison.

In general, both EMGopt and the SOpt models are comparable to published in silico and
in vivo reports across the various walking tasks and different lumbar levels. There were instances
where models differed within a single task, but only a single case (L2/L3 A/P shear force) in which
the models disagreed across tasks. This lone discrepancy with the Rose et al. (2013) model is not
overly troubling, as force estimates from the models were ranked similarly and shear loads are
typically more sensitive than compression forces to model and task kinematic differences (Kingma
et al., 2016). Our overall level of observed agreement with published reports is comparable to
other lower back models (Actis et al., 2018a; Arjmand and Shirazi-Adl, 2006c; BeaucageGauvreau et al., 2019; Bruno et al., 2015; Malakoutian et al., 2018; Raabe and Chaudhari, 2016;
Schultz et al., 1982; Senteler et al., 2016). These findings support the application of the proposed
model and optimization algorithms to compare walking and carrying tasks.
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Evaluation 3: Predicted vs. Recorded EMG Activity
In the absence of participant-specific in vivo joint load information, the comparison of
predicted muscular activity with recorded EMG is a recognized method of direct model evaluation
(Hicks et al., 2015). For this evaluation test we quantitatively determined how well optimization
model muscle activities correlated with recorded EMG in timing and amplitude for SSS walking
and carrying weights in one (r15BW) or both (b7.5BW) hands. Temporal correlations were
defined with zero-lag cross-correlation coefficients (r-values); r-values approaching 1.0 signify
good temporal correspondence (Hinkle et al., 2003). To quantify how predicted muscle activities
matched the amplitude of the recorded EMG, RMSEs were calculated with respect to the EMG of
each bilateral muscle group for both optimization models. Here, lower RMSE values represent
model muscle activity magnitudes that better match recorded EMG magnitudes.
Average predicted muscle group activity from EMGopt and SOpt optimization models and
from recorded EMG for the three tasks are shown in Figure 4.3.5. Both optimization models
predicted muscular activities which temporally correlated well with the recorded EMG, with rvalues ranging from .69 to .99 (Table 4.3.2). However, EMGopt consistently outperformed SOpt
across temporal comparisons (average r-values SSS: .93 vs. .77; b7.5BW: .95 vs. .81; r15BW: .96
vs. .92; p-values all < .05). The only exception was while carrying 15% bodyweight in the right
hand, in which the right rectus abdominis r-value was higher for SOpt (.97 vs. .86; p < .01). Table
4.3.2 illustrates that EMGopt more closely matched the activity magnitudes of the recorded EMG,
with lower RMSE values than SOpt across most muscle groups and all tasks (average RMSE SSS:
.03 vs. .06; b7.5BW .03 vs. .07; r15BW: .05 vs. .11; p-values all < .05).
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Figure 4.3.5. Average participant muscle group activity predicted from recorded EMG and predictions from
EMGopt and SOpt optimization approach models. Columns depict left and right trunk muscles during A) selfselected walking speed (SSS), B) carrying 7.5% bodyweight in each hand (b7.5BW), and C) carrying 15%
bodyweight in the right hand only (r15BW). Maroon, grey, and dashed black lines represent activations from
the EMGopt, SOpt, and EMG, respectively. Standard deviations have been excluded for clarity.
Abbreviations: external oblique (EO), iliocostalis lumborum (IL), internal oblique (IO), latissimus dorsi (LD),
longissimus thoracis (LT), rectus abdominis (RA), left toe-off (LTO) or right toe-offs (RTO), and left heel-strike
(LHS).

Table 4.3.2. Average temporal cross-correlation (r) and root mean squared error comparisons between muscle
group activity predicted from either optimization approach and recorded EMG across three tasks. Significant
(p < .05) differences between EMGopt and SOpt approaches are in bold. Abbreviations: lower case letter in
front of muscle group represents side (L=left; R=right), carrying dumbbells of 7.5% body weight in each hand
(b7.5BW), self-selected walking speed (SSS), or carrying a dumbbell of 15% bodyweight in the right hand only
(r15BW), root mean squared error (RMSE), and external oblique (EO), iliocostalis lumborum (IL), internal
oblique (IO), latissimus dorsi (LD), longissimus thoracis (LT), and rectus abdominis (RA) muscles.

Muscle Group

SSS
EMGopt SOpt
lRA
rRA
rEO
lEO
rIO
lIO
lLD
rLD
lLT
rLT
lIL
rIL

.88 (.03)
.89 (.04)
.89 (.07)
.88 (.06)
.92 (.04)
.92 (.06)
.94 (.03)
.94 (.03)
.99 (.01)
.99 (.01)
.99 (.00)
.99 (.01)

Cross-Correlation (r)
b7.5BW
r15BW
EMGopt SOpt EMGopt SOpt

.69 (.05)
.70 (.09)
.72 (.09)
.72 (.09)
.86 (.09)
.80 (.08)
.79 (.08)
.75 (.08)
.86 (.02)
.87 (.02)
.81 (.09)
.86 (.07)

.87 (.07)
.89 (.05)
.92 (.04)
.92 (.03)
.94 (.04)
.93 (.04)
.96 (.03)
.97 (.02)
.99 (.00)
.99 (.01)
.99 (.00)
.99 (.00)

.69 (.07)
.76 (.06)
.72 (.10)
.75 (.07)
.85 (.05)
.76 (.11)
.81 (.08)
.78 (.10)
.92 (.02)
.93 (.02)
.87 (.07)
.91 (.03)

.93 (.03)
.86 (.06)
.95 (.04)
.92 (.03)
.96 (.01)
.96 (.04)
.98 (.02)
.96 (.03)
.99 (.01)
.99 (.01)
.99 (.01)
.99 (.01)

.87 (.04)
.97 (.04)
.89 (.06)
.86 (.03)
.85 (.06)
.98 (.02)
.90 (.06)
.87 (.08)
.94 (.02)
.97 (.02)
.87 (.05)
.97 (.02)

Average .93 (.06) .77 (.09) .95 (.05) .81 (.10) .96 (.04) .92 (.06)

SSS
EMGopt

SOpt

0.06 (0.04)
0.08 (0.06)
0.03 (0.02)
0.04 (0.02)
0.01 (0.01)
0.02 (0.01)
0.01 (0.01)
0.01 (0.00)
0.01 (0.01)
0.01 (0.01)
0.04 (0.01)
0.03 (0.01)

0.02 (0.02)
0.03 (0.02)
0.04 (0.05)
0.04 (0.03)
0.15 (0.06)
0.13 (0.06)
0.04 (0.02)
0.05 (0.02)
0.04 (0.02)
0.04 (0.02)
0.07 (0.02)
0.06 (0.03)

RMSE
b7.5BW
EMGopt
SOpt
0.06 (0.03)
0.06 (0.05)
0.03 (0.02)
0.03 (0.02)
0.01 (0.02)
0.01 (0.01)
0.01 (0.01)
0.00 (0.00)
0.01 (0.01)
0.01 (0.01)
0.05 (0.02)
0.04 (0.02)

0.04 (0.04)
0.04 (0.05)
0.07 (0.07)
0.05 (0.04)
0.17 (0.07)
0.14 (0.05)
0.05 (0.02)
0.07 (0.02)
0.04 (0.04)
0.04 (0.03)
0.08 (0.03)
0.07 (0.03)

r15BW
EMGopt
SOpt
0.09 (0.05)
0.04 (0.03)
0.10 (0.06)
0.07 (0.04)
0.02 (0.02)
0.03 (0.04)
0.02 (0.01)
0.03 (0.02)
0.03 (0.02)
0.01 (0.01)
0.09 (0.02)
0.03 (0.02)

0.07 (0.04)
0.06 (0.03)
0.20 (0.13)
0.04 (0.05)
0.22 (0.14)
0.25 (0.16)
0.07 (0.02)
0.07 (0.03)
0.11 (0.03)
0.01 (0.01)
0.15 (0.04)
0.05 (0.04)

0.03 (0.03) 0.06 (0.05) 0.03 (0.03) 0.07 (0.06) 0.05 (0.04) 0.11 (0.10)
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The degree of temporal correlation and magnitude correspondence with recorded EMG for
both optimization approaches was comparable to published lower back model evaluation studies
(Actis et al., 2018a; Beaucage-Gauvreau et al., 2019; Cappozzo and Gazzani, 1982; El-Rich et al.,
2004; Molinaro et al., 2020; Raabe and Chaudhari, 2016). However, EMGopt more closely
matched participant-specific muscular activity in both magnitude and temporal correspondence
than did SOpt.

These results would suggest that the EMGopt algorithm was successfully

implemented and is preferable whenever sufficient EMG data are available.

Evaluation 4: Sensitivity of EMGopt model to EMG magnitudes
A critical component to the EMGopt approach is the inclusion of recorded EMG that is
absent from SOpt. However, the EMG data introduces further sources of potential error and
variation. To test the sensitivity of the L5/S1 joint load predictions to the potential day-to-day
variability of EMG, we artificially adjusted the recorded EMG activity of each bilateral muscle
group electrode pairing by ±10% (Ahern et al., 1986; Lehman, 2002; Yang and Winter, 1983).
The level of sensitivity in EMGopt L5/S1 joint loading was muscle group dependent (Table
4.3.3). L5/S1 joint loads appeared to be more sensitive to variation in internal obliques (IO),
longissimus thoracic activity (LT), and iliocostalis lumborum (IL) activity and less sensitive to
variation in rectus abdominis (RA), external obliques (EO), and latissimus dorsi (LD) activity.
Muscle groups less sensitive to variation tended to be those that had previously exhibited poorer
similarity between predicted and recorded activity (EO and RA; see Fig. 4.3.3 and Table 4.3.2) or
those with fewer MTAs crossing the L5/S1 joint (LD). The reverse was true for more sensitive
muscle groups (i.e. IO, LT, and IL), in which EMG better matched predicted activity or had more
L5/S1 MTAs. When differences between baseline were present, artificially reducing the EMG
magnitude by 10% usually reduced joint loading and increasing the EMG activity usually led to
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increased joint loads. No one gait task appeared to be particularly sensitive to EMG variation than
others, but this was not tested statistically.

Table 4.3.3. Peak L5/S1 forces for EMGopt model with participant-specific maximal muscle stress. Baseline
represents model with recorded EMG levels; Muscle Group rows represent models in which EMG activity levels
were modified by ±10% of their Baseline activity. Nonspecific MMS row represents Baseline model with
arbitrary MMS of 100 N/cm2 for all MTAs. Significant (p < .05) differences from Baseline model are in bold.
Forces are reported as a percentage of bodyweight. Abbreviations: carrying dumbbells of 7.5% body weight
in each hand (b7.5BW), self-selected walking speed (SSS), or carrying a dumbbell of 15% bodyweight in the
right hand only (15BW), maximal muscle stress (MMS), and external oblique (EO), iliocostalis lumborum (IL),
internal oblique (IO), latissimus dorsi (LD), longissimus thoracis (LT), and rectus abdominis (RA) muscles.

Adjustment

Muscle Group

Baseline
+10%
RA
-10%
+10%
EO
-10%
+10%
IO
-10%
+10%
LD
-10%
+10%
LT
-10%
+10%
IL
-10%
Nonspecific MMS

Anterior-Posterior
SSS
b7.5BW
r15BW
46.1 (14.3) 46.0 (12.9) 64.9 (19.5)
45.9 (14.2) 45.9 (13.0) 64.9 (19.3)
46.2 (14.4) 46.0 (12.9) 64.8 (19.7)
46.3 (14.4) 46.1 (13.0) 65.5 (19.3)
45.7 (14.3) 45.5 (12.9) 64.2 (19.6)
45.7 (14.4) 45.6 (13.0) 64.4 (19.5)
46.4 (14.3) 46.3 (12.9) 65.3 (19.4)
46.2 (14.4) 46.3 (12.9) 65.1 (19.6)
45.9 (14.2) 45.7 (12.9) 64.7 (19.3)
47.8 (15.1) 47.3 (13.4) 67.3 (20.9)
44.3 (13.6) 44.2 (12.5) 62.4 (17.9)
47.0 (14.9) 46.6 (13.2) 66.5 (20.2)
45.1 (13.8) 45.0 (12.7) 63.2 (18.6)
41.1 (13.5) 43.5 (16.8) 61.6 (15.3)

SSS
311.3 (89.4)
311.0 (88.9)
311.7 (89.9)
312.0 (89.4)
310.7 (89.4)
312.8 (89.8)
309.8 (89.1)
311.6 (89.7)
311.1 (89.1)
316.7 (92.3)
305.7 (86.5)
317.1 (92.0)
305.4 (86.7)
309.6 (69.1)

Compression
b7.5BW
321.5 (66.6)
321.4 (66.8)
321.7 (66.4)
322.3 (66.6)
320.8 (66.6)
322.9 (66.7)
320.2 (66.5)
321.8 (66.8)
321.3 (66.4)
326.6 (68.5)
316.5 (64.6)
327.0 (68.6)
315.9 (64.7)
325.1 (61.0)

Medial-Lateral
r15BW
SSS
b7.5BW
r15BW
403.1 (111.8)
9.7 (3.2) 9.3 (3.1) 10.2 (2.1)
402.9 (111.0)
9.6 (3.2) 9.3 (3.1) 10.2 (2.1)
403.2 (112.6)
9.7 (3.2) 9.4 (3.1) 10.2 (2.1)
404.5 (112.1)
9.7 (3.3) 9.4 (3.1) 10.3 (2.1)
401.6 (111.4)
9.6 (3.1) 9.3 (3.0) 10.1 (2.1)
404.8 (112.4)
9.9 (3.3) 9.6 (3.2) 10.6 (2.1)
401.2 (111.1)
9.4 (3.1) 9.1 (2.9)
9.8 (2.1)
403.6 (112.4)
9.7 (3.2) 9.4 (3.0) 10.3 (2.1)
402.5 (111.1)
9.7 (3.2) 9.3 (3.1) 10.2 (2.1)
411.5 (118.6)
9.7 (3.3) 9.4 (3.1) 10.2 (2.2)
394.1 (104.9)
9.6 (3.2) 9.3 (3.0) 10.1 (2.2)
412.0 (117.8)
9.6 (3.2) 9.3 (3.0) 10.1 (2.2)
393.7 (105.1)
9.7 (3.3) 9.4 (3.1) 10.3 (2.2)
380.6 (52.3) 11.6 (3.0) 11.6 (2.7) 15.5 (8.8)

While previous studies (Brand et al., 1986; Marras et al., 1999b; Nussbaum et al., 1995b;
Sparto et al., 1998) have reported sensitivity of lower back models to various model components
(e.g. MTA orientation and cross-sectional area, the EMG-force relationship, the daily variation of
variation of static/dynamic exertions), this is the first known report of EMGopt model sensitivity
to potential EMG variation during level walking and carrying tasks. There were significant
differences from baseline in 57 of 108 variability tests, but the largest variation in L5/S1 joint loads
was only ±4% from the baseline values. These results suggest that this EMGopt model is
appropriate to compare different gait tasks in a repeated-measures study design with normal dayto-day variability in recorded EMG.
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Evaluation 5: Sensitivity of EMGopt model to Maximal Muscle Stress
In the present model, maximal muscle stress (MMS) values were based on participantspecific strengths measured from MVCs, an approach that should improve model fidelity
compared to models using a single generic MMS value for all muscle MTAs (Davis and Jorgensen,
2005; Lloyd and Besier, 2003). To test this concept for the EMGopt model, L5/S1 joint loads and
the total gain adjustments (gi) required in Eq. 4.3.6 were compared for our participant-specific
MMS (baseline) and an identical version containing a single nominal MMS value based on
literature estimates of 100 N/cm2 inherent to the unaltered lower back model (Beaucage-Gauvreau
et al., 2019).
The overall average of the 6 participant-specific values were 123±51 N/cm2 for the trunk
extensors and 64±24 N/cm2 for the flexors (Fig. 4.3.6). As expected based on size, the male
participant extensor (168±14 N/cm2) and flexor (83±12 N/cm2) MTAs were stronger (p < .01 and
p = .02, respectively) than the females (78±10 N/cm2 for extensors and 45±15 N/cm2 for flexors).
The average total unitless gain adjustments (gi) necessary across all three tasks were reduced by
>30% (from 1121±509 to 753±199) for the baseline model with participant-specific MMS,
although this reduction did not reach significance for the SSS (p = .08) or b7.5BW tasks (p = .07;
Table 4.3.4). Finally, L5/S1 joint loads were not significantly different (p values from .07 to .97)
with or without the application of participant-specific MMS (Table 4.3.3).
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Figure 4.3.6. Overall and gender stratified average participant-specific maximal muscle stress for trunk
extensor and flexor musculotendon actuators applied to the baseline model. The white and maroon bars
represent trunk extensor and flexor maximal muscle stresses (MMS), respectively. The dashed line represents
the 100 N/cm2 value used in the single-value generic MMS model (Nonspecific MMS).

Table 4.3.4. Average total gain adjustment required to reach a satisfactory EMG optimization solution when
applying the participant-specific baseline and a Nonspecific maximal muscle stress. The gain adjustments are
a unitless number. A 100 N/cm2 maximal muscle stress (MMS) was used for nonspecific conditions. Significant
(p < .05) differences from Baseline model are in bold. Abbreviations: carrying dumbbells of 7.5% body weight
in each hand (b7.5BW), self-selected walking speed (SSS), or carrying a dumbbell of 15% bodyweight in the
right hand only (15BW), and musculotendon actuator (MTA).

MTA Properties
Baseline
Nonspecific MMS
p-values

Gain Adjustment (g i )
SSS
b7.5BW
r15BW
733.7 (164.4) 662.2 (143.7) 862.9 (250.5)
992.1 (356.8) 1004.7 (479.2) 1366.6 (643.9)
.08
.07
.05

Some of our participant-specific MMS are above those found from single muscle fibers
and used in other lower back models in the literature (6-110 N/cm2; Buchanan, 1995; McGill and
Norman, 1987; van Dieën, 2005). However, these higher values are within the range of what other
researchers have deemed necessary with a similar OpenSim model (Beaucage-Gauvreau et al.,
2019; Bruno et al., 2015; Burkhart et al., 2018). Because trunk strength is a function of both
muscle strength and mechanical advantage, our MMS values could suggest that some of the
model’s MTAs have inaccurate moment arm lengths. We chose only to adjust the former however,
because of the implications of attempting to individualize 238 MTA moment arms (Nussbaum et
al., 1995b).

Further, MTA strengths are determined by both MMS and muscle physiological

cross-sectional areas (PCSA).

Model PCSA values were not participant-specific and were
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extracted from several literature sources (Christophy et al., 2012). Such generalizations along with
several experimental and physiological variables (Buchanan, 1995) could further contribute to the
discrepancies we observed from previously reported MMS values, and between both the model’s
extensor and flexor group MMS values. Future work should examine the impact of adjusting the
moment arms, possibly by moving the location of the lumbar joint rotational axes more anteriorly.
Along with the use of participant-specific PCSAs, this might better align the model’s MMS values
with the literature values.
The application of participant-specific versus nonspecific MMS did not significantly
impact the predicted joint loads. The lack of an effect on joint loads despite some apparent
quantitative differences in average peak forces (up to 25 and 52% for medial-lateral shear forces
in the b7.5BW and r15BW conditions, respectively) were due primarily to inconsistent betweenparticipant effects. Beaucage-Gauvreau et al. (2019) and Bruno et al. (2015) also found that MMS
values did not significantly impact joint loading, using a similar SOpt model applied to different
movement tasks.

Therefore, while participant-specific MMS may allow for more efficient

optimizations and physiological relevance, they may not be necessary to compare lower back loads
between tasks.

Limitations of Model and Evaluation
Our results are subject to limitations associated with the musculoskeletal model and the
EMGopt computational approach. The current model neglects passive force contributions from
non-muscular tissues and intra-abdominal pressure. However, these neglected contributions are
minimal during the upright postures and low exertion levels of gait (Arshad et al., 2018; Callaghan
et al., 1999). Similar reasoning justifies our omission of intervertebral and axis of rotation
translations (Ghezelbash et al., 2015). The vertebral coupling used in model m29DoF to assign
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the vertebral positions is generic and assigns the total thoracic rotational contributions to the
T12/L1. For the present study and proposed applications, the complex measurement of each joint
individually is not justified, and while more accurately dispersing the thoracic contributions to
trunk movement can impact thoracic loading, its impact on lumbar loads is often insignificant
(Ignasiak et al., 2016). The EMGopt approach optimizes a generic gain adjustment factor which
is not directly related to any physiological characteristic(s) of the MTAs. Other musculoskeletal
modeling approaches aim to optimize physiological properties of the MTAs to closely match the
kinetics of calibration tasks (Granata and Marras, 1993; Lloyd and Besier, 2003; van Dieën and
Visser, 1999) but they are not without their own limitations (Cholewicki et al., 1995; Davis and
Jorgensen, 2005). Ultimately, EMGopt’s frame-by-frame gain adjustment can be viewed as an
aggregate of all (un)known physiological factors thereby reducing the number of parameters being
optimized and simplifying the process. Our experimental setup could not utilize OpenSim’s
Residual Reduction Algorithm because separate GRFs from each foot were unavailable from the
force treadmill. The model applies a top-down inverse dynamics approach to calculate the kinetic
demands at each joint, although a bottom-up model with separate GRFs may be more sensitive to
the impulsive forces which occur at heel strike (Callaghan et al., 1999; Hendershot and Wolf,
2014). Future work should examine how well top-down and bottom-up approaches agree within
this full-body OpenSim model during a variety of gait and other tasks performed on a stationary
force plate. The musculoskeletal model described here only provides an estimate of the net joint
contact forces. Developing a multiscale modeling approach which combines the results from this
musculoskeletal model with a finite-element model capable of distributing contact forces across
soft tissues may be beneficial and worthy of future work (Honegger et al., 2020). Finally, our
results were drawn from only fit, young, and healthy individuals during walking and carrying tasks,
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with the number of participants similar to other evaluation studies (Actis et al., 2018a; BeaucageGauvreau et al., 2019; Cholewicki et al., 1995; Gagnon et al., 2011; Raabe and Chaudhari, 2016).

4.4.

Conclusion
The goals of this study were to develop the framework for an EMGopt approach for a

modified OpenSim lower back model and to evaluate its efficacy in studying lower back demands
during gait and carrying tasks. Across different gait and carrying tasks, the proposed EMGopt
approach estimated similar responses to a more traditional SOpt approach, and to models
previously reported in the literature. By incorporating EMG, the EMGopt approach estimated
larger joint loads and more closely matched individual participant muscular recruitment strategies
than SOpt. Joint loads from EMGopt were sensitive to the inherent variability in recorded EMG,
but the magnitude of these differences did not impact the between task comparisons. Participantspecific MMS strength scaling reduced the level of gain factor adjustments needed to solve for
kinetic equilibrium but did not lead to significantly different joint loads. Overall, the model and
EMGopt optimization approach were successfully implemented and well-suited for evaluating the
lower back joint demands of walking and carrying tasks.

4.SM. Supplemental Material
The model described in Study 1 was preliminarily developed and tested by comparing the
estimated vertebral joint forces from EMGopt and SOpt approaches while participants stood in a
neutral and upright posture while relaxed, and while holding dumbbells of 3.75%, 7.5% or 15.0%
body weight (b3.75BW, b7.5BW and b15BW, respectively) in each hand. These bilateral static
standing conditions were designed to require minimal resultant lower back joint moments but
incrementally challenge the stability demands of the trunk as dumbbell masses increased. Such
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conditions have previously resulted in distinct internal force estimates from each optimization
approaches (Cholewicki et al., 1995).
To test if the EMGopt model was sensitive to this situation, a repeated-measures analysis
of variance (ANOVA) with Tukey post-hoc testing compared (α < .05) L4/L5 compression force
(dependent variable) differences from the two optimization approaches (O), four standing
conditions (C), and their interaction (O × C). Further, muscle recruitment and stability demand
differences were assessed by comparing the average bilateral EMG activity level from each
recorded muscle (dependent variable) across the four standing conditions (independent variable).
Results from each statistical test are shown in Tables 4.SM.1 and 4.SM.2. The average normalized
L4/L5 joint compression forces from EMGopt and SOpt across the four different standing
conditions are shown in Figure 4.SM.1.

Table 4.SM.1. Average L4/L5 vertebral lumbar joint compression force and level of significance for each main
effect of standing condition and optimization. Forces are reported as a percentage of bodyweight. Letters
denote post hoc pairings from significant (in bold; p < .05) differences between main effects. Abbreviations:
holding dumbbells of 3.75% (b3.75BW), 7.5% (b7.5BW), or 15% (b15BW) of bodyweight in each hand, and
relaxed unweighted standing (Relax).

Source
Condition (C)
Optimization (O)
CxO

Main & Interaction Effects
Relax
101.6 (27.7)a

b3.75BW
106.1 (24.5)a

EMGopt
133.9 (24.5)a

SOpt
93.2 (14.)b

b7.5BW
b15BW
117.4 (28.1)b 129.1 (28.6)c

SEE FIG. 4.SM.1
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p-value

<.01
<.01
.07

Table 4.SM.2. Average bilateral recorded EMG activity from each recorded muscle and level of significance
for the main effect of standing condition. Forces are reported as a percentage of bodyweight. Letters denote
post hoc pairings from significant (in bold; p < .05) differences of the main effect. Abbreviations: holding
dumbbells of 3.75% (b3.75BW), 7.5% (b7.5BW), or 15% (b15BW) of bodyweight in each hand, relaxed
unweighted standing (Relax), external oblique (EO), iliocostalis lumborum (IL), internal oblique (IO),
latissimus dorsi (LD), longissimus thoracis (LT), rectus abdominis (RA).

Independent Variable

Bilateral Muscle
Tested

Relax

b3.75BW

b7.5BW

b15BW

RA
EO
IO
LD
LT
IL

5.5 (1.7)
6.8 (5.3)
11.5 (4.9)
4.2 (1.2)a
5.3 (1.4)
5.2 (1.9)

5.4 (1.5)
5.8 (4.8)
10.9 (3.1)
4.8 (1.3)a
5.0 (1.5)
5.1 (1.9)

5.6 (2.1)
6.6 (4.2)
13.8 (7.9)
5.5 (1.5)a,b
6.4 (2.5)
5.6 (2.1)

5.7 (1.8)
6.7 (4.2)
13.5 (6.9)
7.0 (2.7)b
6.0 (2.1)
5.5 (1.8)

p-value
.65
.32
.17
<.01
.06
.34

Figure 4.SM.1. Comparison of predicted average normalized L4/L5 compression forces from EMGopt and
SOpt optimization approaches across four standing conditions. Data whiskers indicate ±1 standard deviation,
maroon and grey bars represent EMGopt and SOpt forces, respectively. Forces are reported as a percentage
of bodyweight. Abbreviations: holding dumbbells of 3.75% (b3.75BW), 7.5% (b7.5BW), or 15% (b15BW) of
bodyweight in each hand, and relaxed unweighted standing (Relax).
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During these static standing conditions, the L4/L5 compression force increased as expected
as hand-held weights were increased (Cholewicki et al., 1995). L4/L5 compression estimates
increased (Table 4A.1; p < .01) with hand weights above 3.75% of body weight. While SOpt aims
to resolve kinetic equilibrium in a metabolically economical manner (Crownshield and Brand,
1981), EMGopt considers participant-specific MTA activity patterns and co-contractions that are
metabolically less economical but often perceived as necessary to increase spinal stability
(Cholewicki et al., 1995; Cholewicki and McGill, 1996; Granata and Orishimo, 2001). Because
joint loads are dictated by muscular forces in addition to ligament, gravitational, and inertial forces,
modeling approaches that solve for kinetic equilibrium and include more muscle forces will
inherently calculate greater joint loads (Li and Chow, 2019). This rationale was supported in our
model estimates. EMGopt predicted significantly larger L4/L5 compression forces than SOpt (p
< .01). Surprisingly, there was no optimization approach × standing condition interaction effect,
although there was a trend in that direction (p = .07). L4/L5 vertebral joint force estimate
differences between optimization approaches were largely reflective of only gravitational force
differences. The lack of an interaction effect may be due to the complexities of resolving kinetic
equilibrium with a multi-joint model (Arjmand et al., 2009), but it could also result from our
selected dumbbell masses (which only went up to 15% of bodyweight) producing low trunk
stability demands. The latter notion is supported by similar EMG activity levels (p-values ranging
from .06 to .65) for all muscle groups except latissimus dorsi (p < .01). Larger dumbbell loads
such as those used by Cholewicki et al. (1995) could challenge the trunk stability enough to
amplify MTA recruit strategies and result in an optimization approach × standing condition
interaction effect. Overall, this initial test demonstrated many expected effects and verified the
proper implementation of the musculoskeletal model and EMGopt approach.
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CHAPTER 5
STUDY 2
LOWER BACK DEMANDS DURING INDUCED LOWER LIMB GAIT
ASYMMETRIES

5.1.

Introduction
Walking is a fundamental means of locomotion, with activities often generating thousands

of steps per day (Tudor-Locke et al., 2011).

It is widely recommended for aerobic and

musculoskeletal conditioning and can provide therapeutic relief from lower back pain (LBP;
Nutter, 1988). However, a variety of clinical conditions can result in asymmetric gait kinematics
and kinetics, including congenital deformities, injury, rehabilitative joint restriction, disease, and
amputation (Cappozzo and Gazzani, 1982; Constantinou et al., 2014; Dananberg, 1993; Devan et
al., 2014; DeVita et al., 1991; Dingwell et al., 1996; Friberg, 1983; Gulgin et al., 2018;
Mündermann et al., 2005; Tanaka et al., 2015; Wolfe et al., 1996). Gait asymmetries are often
classified with a level of symmetry index to quantify the degree of bi-lateral differences in lower
limb kinematic or kinetic parameters (Robinson et al., 1987). It is not surprising that gait
asymmetries are related to LBP, given its established relationship with asymmetric postures and
repeated loading (Bernard, 1997; da Costa and Vieira, 2010; Gallagher et al., 2005; Hoogendoorn
et al., 1999; Marras, 2000). The reported magnitude of LBP prevalence in those with asymmetric
gait is alarming, more than quintupled that of the general able-bodied population (Ehde et al., 2001;
Giles and Taylor, 1981; Ready et al., 2018; Smith et al., 1999; Wolfe et al., 1996). Therefore, the
cumulative lower back demands associated with asymmetrical gait are of interest to clinicians and
researchers looking to improve the quality of life in those susceptible to LBP (Dananberg and
Guiliano, 1999; Devan et al., 2014; Friel et al., 2005; Morgenroth et al., 2010).
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Despite a wide range of asymmetry origins, lower back loading during asymmetric gait has
been studied primarily in lower limb amputees (Devan et al., 2014; Farrokhi et al., 2017; Sagawa
et al., 2011). Biomechanical models have predicted walking lower back demands to be greater for
amputees compared to able-bodied individuals (Cappozzo and Gazzani, 1982; Hendershot et al.,
2018; Hendershot and Wolf, 2014; Sagawa et al., 2011; Shojaei et al., 2016; Yoder et al., 2015;
Yu et al., 2014). Unfortunately, individual studies on people with unilateral lower limb amputation
(PULLA) are often compromised by low participant numbers, between-subject differences in
amputation and prosthetic characteristics (e.g. kinetic abilities, inertial properties, and prosthetic
fit), preferred gait speed differences (Hendershot et al., 2018), and a lack of a baseline comparison
(Chow et al., 2006; Hafner et al., 2002; Highsmith et al., 2019; Nolan et al., 2003; Selles et al.,
1999; van der Linden et al., 1999; Wasser et al., 2019; Windrich et al., 2016; Yu et al., 2014).
An alternative approach to understanding the link between gait asymmetries and lower
back demands is to study able-bodied participants with asymmetries artificially induced through
uni-lateral modifications in leg length, leg inertial characteristics, or joint motion restrictions
(Brown et al., 2018; Gulgin et al., 2018; Lemaire et al., 2000; Roemmich et al., 2012; Royer and
Martin, 2005; Vanicek et al., 2007). This approach may better represent clinical asymmetric gait
populations such as those with lower limb inertial discrepancies, leg length discrepancies, joint
dysfunction, or unilateral lower limb casting. Perturbing able-bodied participants with unilateral
leg lengthening via a thickened shoe sole or a clinical “walking boot” (Fig. 5.2.1) has been shown
to increase trunk range of motion and associated muscular activity (Gulgin et al., 2018; Kakushima
et al., 2003; Vink and Huson, 1988), but the impact on trunk tissue demands has not yet been
investigated. A controlled experimental setup that can induce asymmetries in a healthy and
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homogeneous cohort could help identify how different types of asymmetry can affect lower back
demands during locomotion.
Therefore, the objective of this study was to investigate how various experimentally
induced asymmetric gaits can impact lower back tissue demands. Gait asymmetries were induced
by unilaterally altering the leg length, leg mass, and ankle joint motion in various combinations.
The effects of each condition on lower back demands were examined with an EMG-optimization
(EMGopt; Cholewicki et al., 1995) musculoskeletal model of the lower back (see Study 1). We
hypothesized that perturbations resulting in greater gait asymmetry would place larger demands
on the lower back.

5.2.

Methods

Participants
A convenience sample of twelve participants (6 males; 25+5 years of age, 64.7+8.3 kgs,
and 1.71+0.07 meters in stature) were recruited and consented to participate in the study. The
exclusion criteria for participation in this study were a self-reported age of over 40 years, history
of lower back pain, diagnosed neurological disorders, a low level of physical activity (less than 90
minutes a week), or a calculated body mass index greater than 30.

Equipment and Setup
As described in Study 1, data were collected to capture full-body motion (Qualisys AB,
Sweden), ground reaction forces (Treadmetrix, USA) and muscle activity (electromyography
[EMG]; Delsys Inc., USA) from 12 trunk muscles across a variety of symmetric and asymmetric
gait conditions (Table 5.2.1). Motion capture data were recorded at 100 Hz, force and EMG data
at 2000 Hz. Perturbations to symmetric gait were administered with an EvenUpTM adjustable Shoe
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Leveler (2.54 cm) affixed to the sole of one shoe to simulate leg length discrepancy, a 0.9 or 1.2
kg sand-filled ankle weight placed superior to the medial malleolus on one leg to simulate leg mass
discrepancy, and a uni-lateral medical-grade walking boot (AirCast FP Walker Foam Pneumatic)
(Fig. 5.2.1). The selected leg length and ankle-mass perturbation magnitudes were based on the
characteristics of the walking boot size (small or medium) which best fit the participant. All
perturbations were applied to the right lower limb.

Figure 5.2.1. Individual perturbations mechanisms applied to the right lower limb to induce asymmetric gait.
Panel A) adjustable shoe leveler, B) ankle-weight, C) walking boot.
[Photos courtesy of A)
www.rehabmart.com, B) JBM International via www.amazon.com, and C) www.SourceOrtho.net]

Table 5.2.1. The five experimental gait conditions and the corresponding perturbations. Conditions 2-4 were
randomly assigned following the initial symmetrical control (1) condition and prior to the concluding walking
boot condition (5). *All conditions were performed at 90% of a participant’s self-selected treadmill walking
speed and with perturbations applied to the right lower limb.
Symmetry
Perturbation(s)*

Ankle
Weight

Shoe
Leveler

Walking
Boot

Control / Symmetrical (1)
Single
Combination

2

3

5

4

Procedure
Participants donned form-fitting clothing and comfortable footwear prior to manual
measurements of height and body mass, identification of self-selected treadmill walking speed,
experimental gait conditions (Table 5.2.1), and a series of maximal voluntary contractions (MVC).
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Five different gait conditions were performed at 90% of each participant’s self-selected
treadmill walking speed (90S), representing the reported adjustment in walking speed chosen by
participants wearing a similar walking boot (Gulgin et al., 2018). The five conditions included a
symmetrical unperturbed control (1), with an ankle weight (2), with the shoe leveler (3), with both
the ankle weight and shoe leveler (4), and with a walking boot (5). The symmetric 90S walking
condition consisted of 90 seconds of acclimation concluding with 30 seconds of data collection.
The four perturbed walking conditions consisted of 270 seconds of acclimation concluding with
30 seconds of data collection. Two-minute rest breaks were provided between each condition to
minimize fatigue.
To reduce changes in motion capture markers, model calibration poses, and acclimation
effects, the experimental gait conditions started with the control conditions and ended with the
boot condition, with the three perturbations without the boot randomly assigned between them.
Prior to the walking boot condition, all motion capture markers below the right knee were removed
and placed in their equivalent locations on the surface of the walking boot, and a new model
calibration pose was captured.
As described in Study 1, MVCs were administered to establish maximal reference levels
of each EMG signal and the musculoskeletal model strength potential. The MVCs were performed
at the end of the experiment protocol to guard against fatigue and mitigate potential electrode
displacement while being positioned in the dynamometer (Biodex Medical Systems Inc., Shirley,
NY).

Data Processing and Calculation of Dependent Variables
All experimental data were post-processed in MATLAB (MathWorks, Natick, MA) as
described in Study 1. Briefly, an OpenSim (Delp et al., 2007) musculoskeletal model and EMGopt
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approach were used to determine lower back loading across the five conditions. Prior to kinematic
and kinetic analysis, musculoskeletal models were individually scaled relative to participant
anthropometry and strength potentials. For the ankle weight and walking boot conditions, a hollow
cylinder of corresponding inertial characteristics was added to the model 3 cm above the right
ankle joint center.
Each gait condition was time-normalized by individual strides, with initiation and
termination established from consecutive right (perturbed) heel strikes. Heel and toe marker
anterior-posterior velocities were used to distinguish heel strikes and toe offs (Zeni et al., 2008)
due to the absence of individual foot ground reaction forces. Representative examples of three
consecutive strides were extracted from the 30 seconds of data collection for each participant
across all conditions. Each leg’s stance time was calculated from heel strike to ipsilateral toe off.
Step lengths were calculated at heel strike from the anterior-posterior distance of the ipsilateral
(leading) and contralateral (trailing) ankle markers. Stance time and stride length were calculated
from each stride and then averaged across condition. All other dependent variables were calculated
from participants’ ensemble kinematic or kinetic patterns averaged across their three timenormalized strides.
A priori it was decided to focus the analysis on the impact of each perturbation on
normalized peak and mean vertebral L5/S1 joint compressive, anterior-posterior, medial-lateral,
and resultant shear forces estimated from our musculoskeletal model. Differences in internal
L5/S1 joint moments, muscle group forces, and trunk kinematics were also investigated. Trunk
muscles were uniquely categorized and grouped (Christophy et al., 2012) as right (perturbed) and
left stabilizers (e.g. latissimus dorsi, multifidus, psoas major, and quadratus lumborum), flexion
locomotors (e.g. external obliques, internal oblique, and rectus abdominis), or extension
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locomotors (e.g. iliocostalis lumborum pars lumborum, iliocostalis lumborum pars thoracis
longissimus thoracis pars lumborum, and longissimus thoracis pars thoracis). Trunk orthogonal
kinematics were defined relative to the pelvis, with ranges and directional peaks determined from
the sum of all the lower back joints (e.g. L5/S1 – T12/L1).
Levels of asymmetry for bi-lateral spatiotemporal (step length and stance time) and muscle
group force differences were determined by calculating their symmetry index (SI; Robinson et al.,
1987):
𝑆𝐼 =

2(𝑉𝑅 − 𝑉𝐿 )
× 100%
(𝑉𝑅 + 𝑉𝐿 )

(Eq. 5.2.1)

where VR and VL represent the variable of interest associated with either the right (perturbed) or
left side, respectively.

Statistical Analysis
The only independent variable for this study was the gait condition (1.
Control/symmetrical, 2. shoe leveler, 3. ankle weight, 4. ankle weight and shoe leveler, and 5.
walking boot; Table 5.2.1). Lower back kinematic and kinetic demands and levels of asymmetry
were assigned as dependent variable(s) in one-way repeated-measures analysis of variance
(ANOVA; α = .05) tests, with Tukey post-hoc testing when appropriate. All statistical tests were
performed using MATLAB’s statistical toolbox.

5.3.

Results

Spatiotemporal Asymmetries
The average 90S treadmill speed across the twelve participants was 1.11 ± 0.12 m/s. The
five gait conditions yielded unique spatiotemporal gait asymmetries for both step length (p < .01)
and stance time (p < 0.01; Fig. 5.3.1). Step length asymmetries for the shoe leveler alone (9.42 ±
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5.21), combined ankle weight and shoe leveler (7.70 ± 6.89), and walking boot (-5.54 ± 4.40)
conditions differed from the more symmetric control condition (0.85 ± 2.97). The ankle weight
alone condition (-1.47 ± 5.01) demonstrated step length asymmetries similar to both the control
and walking boot conditions. Donning a shoe leveler (with or without an ankle weight) led to the
participants taking longer steps on the right (perturbed) versus left leg (positive SI), while the
walking boot resulted in the opposite effect, longer steps on the left (negative SI).
Stance time asymmetry patterns were different than the step length patterns across the five
conditions. The control (-0.61 ± 0.91) and shoe leveler (-0.40 ± 0.98) conditions displayed similar
low asymmetry levels, while the ankle weight (-2.27 ± 0.98), combined ankle weight and shoe
leveler (-2.56 ± 1.63), and walking boot (-2.06 ± 1.21) conditions resulted in prolonged left
(unperturbed) stances (negative SI).

Figure 5.3.1. Spatiotemporal symmetry indexes across the five gait conditions. Positive symmetry index (SI)
values denote longer steps (row A) and stances (row B) of the right (perturbed) side. Letters (a-c) are indicative
of post-hoc pairings following significant main (gait condition) effect differences (α < .05) for each SI.
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Trunk Kinematics
Gait cycle trunk kinematic patterns were qualitatively similar across conditions (Fig. 5.3.2),
but there were significant peak magnitude and range of motion differences between conditions
(Table 5.3.1). Across all conditions the trunk maintained a degree of sagittal plane forward flexion
throughout the gait cycle. The walking boot condition displayed increased sagittal plane range of
motion (p < .01) compared to the other four conditions, stemming from reduced trunk flexion
following left (unperturbed) heel strike. Peaks of frontal plane lateral flexion to either side
corresponded to right (perturbed) and left toe-offs (at ~12% and ~62% of the gait cycle,
respectively). Frontal plane ranges of motion were similar across conditions (p = .06), but the
distribution of motion differed. The two shoe leveler conditions resulted in right (perturbed)
flexion bias, represented in an increased right (p < .01) and decreased left peak flexion (p < .01).
Transverse plane peak rotations oscillated between perturbed heel strikes, with the walking boot
leading to more rotation directed towards the right side (p < .01). There was more transverse plane
range of motion present in the walking boot condition than the control condition (p = .01), with
the other three conditions similar to both.
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Figure 5.3.2. Trunk kinematics across the five conditions as a percentage of the gait cycle. The gait cycle was
defined from right (perturbed) to right heel strike. Positive angles (degrees) are representative of left side
lateral flexion, right side axial rotation, and trunk extension in the frontal, axial, and sagittal planes,
respectively. Error bars show the standard deviation of particular points on each curve. Abbreviations: left
(unperturbed) heel strike (LHS) and toe-off (LTO), and right toe-off (RTO).
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Table 5.3.1. Trunk kinematics and L5/S1 kinetics across the five conditions. Peak, minimum, range (RoM),
and average joint forces and moments are normalized to a percentage of bodyweight and bodyweight × height,
respectively. Kinematics are referenced in degrees. Letters denote within condition differences (α < .05) and
their respective condition level post-hoc pairings, whenever applicable.

L5/S1 Joint Forces (%)

L5/S1 Internal
Moments (%)

Trunk Kinematics
(degrees)

Condition

Sagittal
Plane
Frontal
Plane
Transverse
Plane

Control

Ankle
Weight

Shoe
Leveler

Ankle Weight
&
Shoe Leveler

Walking
Boot

p
value

RoM
Min Flexion
Peak Flexion
RoM

5.0 (1.4)a
-7.7 (5.4)a
-12.7 (4.9)
12.3 (3.0)

5.3 (1.5)a
-8.0 (6.0)a
-13.3 (5.7)
12.9 (2.6)

6.5 (1.8)a
-7.6 (5.4)a
-14.1 (4.9)
11.5 (2.3)

6.1 (1.9)a
-7.3 (5.7)a
-13.4 (5.0)
13.4 (3.3)

9.4 (3.3)b
-4.4 (4.7)b
-13.9 (3.8)
12.0 (3.3)

<.01

Peak Right
Peak Left
RoM

6.4 (2.6)a
-5.9 (1.6)a
16.4 (4.2)a

6.8 (2.4)a,b
-6.1 (1.6)a
18.3 (3.7)a,b

7.8 (2.6)b,c
-3.8 (1.8)b
16.6 (4.0)a,b

9.0 (2.8)c
-4.4 (2.0)b
17.8 (3.7)a,b

5.4 (2.6)a
-6.6 (2.5)a
18.7 (2.8)b

8.2 (2.3)a
-8.1 (2.9)a,b
1.0 (0.5)a
-0.6 (0.3)a
0.8 (0.3)a
-1.0 (0.3)
0.9 (0.3)
-0.9 (0.3)
43.0 (12.4)
27.2 (6.3)
307.8 (68.8)
212.1 (29.1)
10.0 (3.2)
0.5 (1.6)a,b
43.9 (12.5)
27.6 (6.3)

8.7 (2.8)a
-9.6 (3.3)a
1.2 (0.7)a,b
-0.7 (0.3)a,b
0.9 (0.3)a,b
-1.0 (0.3)
1.0 (0.3)
-1.0 (0.3)
43.9 (10.8)
27.0 (5.8)
307.8 (62.8)
214.3 (28.6)
10.1 (4.8)
0.5 (2.0)a,b
45.1 (10.7)
27.5 (5.7)

7.8 (2.4)a
-8.8 (3.2)a
1.4 (0.9)b
-0.7 (0.3)a,b
0.9 (0.3)a,b
-1.0 (0.4)
0.9 (0.3)
-0.9 (0.3)
44.9 (12.2)
26.9 (5.9)
312.7 (63.1)
211.8 (26.2)
11.2 (4.3)
1.1 (2.1)a,b
46.1 (12.1)
27.4 (5.8)

8.5 (2.3)a
-9.3 (3.2)a
1.3 (0.7)b
-0.7 (0.3)a,b
1.0 (0.4)b
-1.2 (0.4)
0.9 (0.3)
-0.9 (0.3)
45.0 (11.5)
27.3 (6.1)
319.7 (66.1)
217.2 (31.3)
11.1 (4.3)
1.5 (2.1)b
46.1 (11.6)
27.9 (6.0)

11.5 (2.7)b
-7.2 (2.5)b
1.3 (0.5)a,b
-0.9 (0.3)b
1.3 (0.4)c
-1.2 (0.4)
1.0 (0.2)
-1.0 (0.3)
45.2 (11.2)
26.8 (5.3)
311.3 (64.7)
218.0 (29.1)
10.3 (4.7)
0.1 (1.9)a
46.4 (11.7)
27.3 (5.2)

Peak Left
Peak Right
Sagittal
Extensor
Plane
Flexor
Frontal
Peak Right
Plane
Peak Left
Transverse Peak Left
Plane
Peak Right
A-P
Peak
Shear
Average
Peak
Compression
Average
M-L
Peak
Shear
Average
Resultant Peak
Shear
Average

<.01
.45
.06
<.01
<.01
.01
<.01
<.01
<.01
.01
<.01
.12
.58
.07
.62
.87
.34
.09
.30
.02
.53
.84

L5/S1 Joint Kinetics
Similar to trunk kinematics the L5/S1 internal joint moments displayed a qualitatively
consistent pattern across all conditions (Fig. 5.3.3), but with significant variation in peak
magnitude (Table 5.3.1). Peak extensor and flexor moments in the sagittal plane occurred near toe
off and midstance, respectively. The symmetric control condition resulted in lower extensor
moments than either of the conditions involving the shoe leveler (p < .01) and lower flexor
moments than the walking boot condition (p = .01). Frontal plane demands generally peaked
during midstance, with larger peak right lateral flexor moments during left (unperturbed) stance in
the boot condition (p < .01) but similar between condition left lateral flexor moments (p = .12).
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Transverse plane left and right internal moment peak magnitudes were similar (right p = .07; left
p = .58) across all conditions and occurred at toe-offs.

Figure 5.3.3. L5/S1 internal joint moments across the five conditions as a percentage of the gait cycle. The gait
cycle was defined from right (perturbed) to right heel strike. Positive values are representative of right lateral
flexor, right axial rotation, and trunk extensor moments (as a percentage of bodyweight × height) in the frontal,
axial, and sagittal planes, respectively. Error bars show the standard deviation of particular points on each
curve. Abbreviations: left (unperturbed) heel strike (LHS) and toe-off (LTO), and right toe-off (RTO).

The L5/S1 joint forces predicted from the musculoskeletal model were mostly similar
across all five conditions (Fig. 5.3.4 and Table 5.3.1). Peak compression and shearing forces
occurred around heel strike. Only average medial-lateral shear forces were significantly different
(p = .02) between conditions, with the walking boot condition lower than the combined ankle
weight and leg leveler condition, and the other three conditions similar to both.
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Figure 5.3.4. L5/S1 joint forces across the five conditions as a percentage of the gait cycle. The gait cycle was
defined from right (perturbed) to right heel strike and forces are expressed as a percentage of bodyweight.
Positive anterior-posterior (A-P) and medial-lateral (M-L) values represent shear forces in the posterior and
left directions, respectively. Error bars show the standard deviation of particular points on each curve.
Abbreviations: left heel strike (LHS) and toe-off (LTO), and right toe-off (RTO).

Muscle Forces
Model-predicted trunk muscle group forces maintained consistent patterns across
conditions (Fig. 5.3.5). Peak muscle forces for the stabilizers and flexion locomotors occurred
around heel strikes. Peak forces of the extension locomotors occurred following heel strikes of
the contralateral lower limbs. Only four of the eighteen tests on muscle group variables (peak
force, average force, or bilateral SI) indicated significant differences between conditions (Table
5.3.2). Gait condition differences were detected in peak force for the right flexion locomotor group
(p < .01) and the left extension locomotor group (p = .02), in average force for the right stabilizer
group (p < .01), and in the SI for average force in the right stabilizer group (p < .01). Post-hoc tests
showed both leg lengthener conditions had lower average right-side stabilizer forces than the
walking boot condition, resulting in differences in their respective symmetry indexes. For the
trunk flexion locomotors, the peak force was lower during control and ankle weight conditions.

123

For the trunk extension locomotors, the peak force was lower in the control than the combined
ankle weight and shoe leveler condition, with the other three conditions similar to both.

Figure 5.3.5. Muscle group forces across the five conditions as a percentage of the gait cycle. The gait cycle was
defined from right (perturbed) to right heel strike and forces are expressed as a percentage of bodyweight.
Maroon lines represent right and grey lines the left (unperturbed) side muscle groups. All lines represent the
group averages, standard deviation bars were excluded from the plots for clarity. See text for Methods muscles
comprising stabilizer (top row), flexion locomotors (middle row), and extension locomotor (bottom row) groups.
Abbreviations: left heel strike (LHS) and toe-off (LTO), and right toe-off (RTO).
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Table 5.3.2. Muscle group force descriptive statistics across the five conditions. Peak and average forces are
expressed as a percentage of bodyweight. Letters denote within group differences (α < .05) and their respective
group level post-hoc pairings, whenever applicable. Right and left correspond to the perturbed and the
unperturbed side, respectively. See text in Methods for muscle grouping assignments and equation to calculate
symmetry indexes (SI; percentile).

Condition
Muscle Group
Control

Shoe
Leveler

Ankle
Weight

Ankle Weight
&
Shoe Leveler

Walking
Boot

p
value

Peak
Right
Left
SI
Right
Flexion
Left
Locomotors
SI

85.3 (25.3)
86.8 (27.6)
-1.4 (11.7)
49.9 (10.3)a
54.4 (12.9)
-8.1 (15.8)

86.6 (23.4)
83.9 (24.0)
3.4 (10.2)
50.9 (11.8)a
56.2 (14.0)
-9.3 (12.5)

83.6 (18.3)
85.3 (25.8)
-0.7 (16.6)
52.8 (11.3)a,b
54.9 (12.2)
-3.8 (19.0)

85.7 (22.1)
88.5 (23.5)
-3.4 (13.4)
54.3 (12.1)a,b
56.4 (11.0)
-4.5 (16.0)

89.5 (21.1)
85.2 (23.7)
5.6 (14.8)
57.1 (11.8)b
58.0 (12.1)
-1.4 (13.7)

.47
.50
.28
<.01
.58
.13

Right
Extension
Left
Locomotors
SI

108.5 (42.7)

116.4 (38.4)

106.6 (31.6)

113.0 (34.9)

110.7 (33.1)

.44

128.7 (43.2)b

123.4 (35.0)a,b

.02

-11.1 (24.0)

-11.0 (21.8)

.06

55.3 (11.7)a
56.9 (13.8)
-2.2 (11.3)a
34.8 (7.2)
37.7 (7.5)
-8.2 (14.1)
66.8 (14.4)
62.7 (12.3)
6.1 (19.9)

58.2 (11.8)b
55.3 (13.1)
5.6 (10.5)c
36.2 (7.1)
36.9 (6.4)
-2.2 (16.2)
65.2 (11.7)
61.9 (8.1)
4.5 (16.7)

<.01
.64
<.01
.39
.68
.26
.30
.99
.27

Stabilizers

113.0 (37.2)a
-4.8 (24.7)

119.2 (30.8)a,b 124.7 (38.8)a,b
-14.7 (22.0)

-3.8 (23.1)

Average
Right
Stabilizers Left
SI
Right
Flexion
Left
Locomotors
SI
Right
Extension
Left
Locomotors
SI

5.4.

56.4 (11.9)a,b
56.0 (15.0)
1.6 (14.4)a,b,c
34.4 (6.9)
36.5 (8.9)
-5.1 (15.7)
63.5 (15.8)
62.5 (11.3)
0.6 (24.1)

56.9 (11.5)a,b
55.5 (13.7)
3.3 (8.4)b,c
35.0 (7.5)
37.8 (8.5)
-7.3 (14.8)
65.6 (14.6)
62.5 (10.7)
3.8 (21.7)

54.5 (10.2)a
55.5 (12.7)
-1.1 (10.9)a,b
34.5 (6.5)
36.4 (6.6)
-5.4 (14.8)
64.5 (12.7)
62.2 (10.9)
3.4 (20.6)

Discussion
In this study we experimentally induced gait asymmetries by artificially perturbing healthy

able-bodied participants who normally walk with symmetry. Our aim was to investigate specific
factors associated with spatiotemporal gait asymmetry such as uneven leg length, leg mass, or
ankle motion restrictions, and determine their impact on lower back demands estimated with a
musculoskeletal computer model. We hypothesized that perturbations resulting in more gait
asymmetry would also result in larger L5/S1 vertebral joint forces. However, we found that while
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some of the four imposed perturbations resulted in different step length or stance time asymmetries
relative to the symmetrical control condition, L5/S1 vertebral joint forces were not different and
therefore our hypothesis was not supported.

Adaptations to Imposed Asymmetries
In response to our perturbations, participants generally spent more time in stance on the
left limb, opposed to the side on which we added a perturbing element. The increased left stance
time generally resulted in longer steps with the perturbed right limb. Artificial leg length
discrepancies have not been previously reported to cause spatiotemporal adaptions, but here they
resulted in similar step length and stance time changes similar to those observed with artificially
increased unilateral leg mass or in PULLA (Hendershot and Wolf, 2014; Sagawa et al., 2011;
Skinner and Barrack, 1990; Smith and Martin, 2007). However, the walking boot step asymmetry
we observed contradicts a previous report where step length symmetry was similar between
walking boot and normal shod walking (Gulgin et al., 2018). This discrepancy between studies
could be the result of subtle lower limb kinematic differences between conditions administered on
a treadmill as opposed to over ground (Riley et al., 2007) or possibly by boot marker offsets
causing SI artifacts. Nonetheless, adaptations to a unilateral lower limb change in inertia, ankle
joint motion, and leg length reflect either a preference of the unperturbed limb during stance or
perturbed limb swing phase demands that are not present in unperturbed symmetric gait, and yet
do not result in significant changes in the L5/S1 vertebral joint forces.
Trunk kinematics and L5/S1 joint moments during the walking boot and shoe leveler
conditions were different than in the baseline symmetry condition. When wearing a walking boot
our participants featured greater trunk sagittal and transverse plane ranges of motion with larger
internal peak sagittal plane flexor moments and left (contralateral to the perturbation) lateral frontal
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plane L5/S1 joint moments. These responses, in addition to altered lower limb and pelvic
kinematics (see Supplemental Material, Tables 5.SM.1 and 5.SM.2 for more details),
hypothetically were needed to generate forward momentum and sufficient toe clearance with a
restricted ankle joint. Gulgin et al. (2018) noted similar kinematic changes with walking boot
usage but did not report on the impact on lower back kinetic demands. The shoe leveler led to
asymmetric frontal plane trunk kinematics offset on the right lateral side and increased L5/S1
extensor moments. This adaptation has been previously described in both artificial and clinical
cases of leg length discrepancy (Azizan et al., 2018; Khamis and Carmeli, 2017). Such changes
could be employed to balance the whole body center of mass as the participant strives to make the
shorter left limb “longer” by reducing hip and knee flexion and the longer perturbed limb “shorter”
by increasing them, and by modifying pelvic obliquity to enhance both effects. However, trunk
kinematic and L5/S1 kinetic adaptations for the walking boot and shoe leveler conditions did not
lead to significant changes in the L5/S1 vertebral joint forces estimates from our model.
Muscle group forces predicted from the model were generally similar across conditions.
Shojaei et al. (2016) reported some general muscle group differences in transfemoral PULLA but
did not describe them relative to the prosthetic lower limb, making comparisons with our study
difficult.

Trunk muscle activities and forces resulting from artificial unilateral lower limb

perturbations have not been reported previously. The current results show only an increase in peak
force for the right contralateral-side flexion locomotors while wearing the walking boot compared
to the symmetric control condition. Flexion locomotors can act to flex the trunk anteriorly,
laterally, or axially, or to stabilize the trunk by resisting antagonist muscles. Since the added flexor
locomotor forces occurred near right toe-off when initiating forward momentum, they were likely
involved in supporting and flexing the trunk (and thigh) in the absence of normal ankle
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plantarflexion. However, vertebral joint forces are highly influenced by internal muscle forces
(Marras, 2000), and differences in muscle force (Table 5.3.2) and activity level (see Supplemental
Material, Table 5.SM.3) between conditions were limited. Thus, it is understandable that overall
L5/S1 vertebral joint forces were also similar across the five conditions.

L5/S1 Vertebral Joint Forces
This is the first study to quantify lower back vertebral joint forces in able-bodied
participants while undergoing external unilateral lower limb perturbations. This novelty led to a
hypothesis based on reported lower limb kinematic and kinetics from similar perturbations and
previous investigations of lower back vertebral joint forces in lower limb amputees (PULLA).
Several studies have reported gait asymmetries and lower back vertebral joint force estimates for
PULLA versus able-bodied controls (Cappozzo and Gazzani, 1982; Hendershot et al., 2018;
Hendershot and Wolf, 2014; Shojaei et al., 2016; Yoder et al., 2015; Yu et al., 2014). Vertebral
joint forces during gait have been shown to be amputation level dependent, with transfemoral
above-knee amputations experiencing 40-60% larger compressive and shear force magnitudes than
either transtibial below-knee PULLA or able-bodied controls (Hendershot et al., 2018; Shojaei et
al., 2016). However, transtibial amputee gait will often demonstrate lower back loads similar to
able-bodied controls (Hendershot et al., 2018; Yoder et al., 2015). Our perturbations were all
applied below the knee joint and therefore resulting vertebral joint forces may more closely
resemble those from transtibial PULLA. This may explain why we saw no L5/S1 vertebral joint
force differences across conditions and why our hypothesis was not supported. Future work should
attempt to clarify if different perturbation magnitudes or more proximal joint restrictions can
impact the L5/S1 joint loading and better reflect the reported demands of transfemoral PULLA.
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Peak vertebral compression (1,244 – 2,895 N) and shear (166 - 469 N) force magnitudes
from across the five conditions were similar and safely below reported spinal unit failure tolerances
(Gallagher and Marras, 2012; Jäger and Luttmann, 1989). However, spinal unit tolerances can be
lowered by cumulative loading (Brinkmann et al., 1988; Gallagher et al., 2005) such as seen in
walking (Tudor-Locke et al., 2011). Hendershot and Bazrgari (2020) recently examined this
concept in PULLA with a fatigue model. Interestingly, they found no significant difference in
vertebral disc failure rates (in years) between PULLA and healthy controls. A potential weakness
of their comparison was the omission of trunk kinematic differences in their fatigue model.
Nonneutral spine postures like those found in PULLA and from our perturbations can lower
tolerances to injury (Adams and Dolan, 2005). Future work should consider including the impact
of altered trunk kinematics and loading variability on disc time to failure predictions.
An underlying assumption in our study design is that the high reported incidence of LBP
observed in those with gait asymmetry is the result of injuries from added or unsafe biomechanical
demands (da Costa and Vieira, 2010; Norman et al., 1998). These unsafe demands are not
restricted to level gait. Alternatively, lower back demands from other daily activities (Devan et
al., 2015) such as sit-to-stand transitions (Actis et al., 2018b; Shojaei et al., 2019), ramp or stair
negotiation (Acasio et al., 2019; Bae et al., 2007), fatigue gait, or carrying tasks (see Study 3),
could also instigate LBP in those with gait asymmetry.

We also did not consider other

physiological and psychosocial risk factors which can contribute to LBP in those with gait
asymmetries (Butowicz et al., 2020; Devan et al., 2017; Farrokhi et al., 2017; Hendershot and
Bazrgari, 2020). Considering our null findings on lower back kinetics, other movement paradigms
could be promising avenues for future research in those with gait asymmetries.
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Limitations
The interpretation of our results may be impacted by experimental limitations. First, the
length of the adaptation period for each perturbation may be inadequate to represent the targeted
scenarios. Although we applied guidelines from previous studies (Noble and Prentice, 2006; Smith
and Martin, 2007), all participants were inherently more familiar with the baseline condition.
Secondly, all conditions were performed on a treadmill to allow for precise control of gait speed,
and to facilitate efficient data collection of consecutive gait cycles and conditions. Differences in
spine kinematics and ground reaction forces have been reported for treadmill versus over ground
walking (Riley et al., 2007). Due to our treadmill’s single belt and force platform, we could not
calculate individual lower limb kinetic demands. Future work should examine if lower back kinetic
demands differ between over ground and treadmill gait and attempt to associate lower limb kinetic
changes with vertebral forces. Finally, all perturbations were examined on healthy controls who
may have been able to adapt to the perturbations and modify their lower back demands. PULLA
and those who locomote asymmetrically due to anatomical or clinical conditions may develop
chronic adaptions or secondary conditions such as muscle weakening, postural instability, or
scoliosis which amplify lower back demands (Azari et al., 2018; Devan et al., 2014; Kim et al.,
2019). Limitations specifically pertaining to our EMGopt approach and musculoskeletal model
have been previously discussed in Study 1.

Summary
Our experimental protocol was successful in causing gait asymmetries and demonstrated
changes in trunk kinematics with asymmetric gait while walking on a treadmill. However, the
unilateral lower limb perturbations did not lead to increases in our musculoskeletal modelestimates of L5/S1 vertebral joint forces relative to baseline symmetrical walking. These results
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suggest that the high LBP incidence associated with analogous clinical levels and causes of
asymmetric gait may not be the direct consequence of increased L5/S1 vertebral joint forces
changes during level walking. In addition to consideration of non-biomechanical pathways, future
work aimed at reducing LBP prevalence in those with asymmetric gait should investigate how
L5/S1 vertebral joint forces and tissue tolerances are impacted during more severe perturbation
levels, muscle fatigue, repeated and augmented joint kinematics, or additional daily tasks (e.g. sitto-stand, stair negotiation, or carrying).

5.SM. Supplemental Material
Lower limb kinematics, pelvis kinematics, and muscle activation from all gait cycles were
examined post-hoc to support conclusions drawn from our primary analyses. Statistical tests on
descriptive statistics (peaks, averages, and ranges of motion) were conducted with one-way
repeated-measures analysis of variance (ANOVA; α = .05) where the independent variable was
the perturbation condition (Table 5.2.1) with each descriptive statistic of interest assigned as
dependent variables, and Tukey post-hoc testing when appropriate.

Lower Limb Kinematics
Right (perturbed) and left (unperturbed) leg limb sagittal plane kinematic patterns were
asynchronously offset by gait events but qualitatively similar across conditions (Fig. 5.SM.1).
There were between-condition differences for all right leg (p-values < .01) and most left leg
kinematic metrics (p-values < .02). Post-hoc tests showed donning a shoe leveler increased peak
hip and knee flexion, hip and knee range of motion, and peak ankle dorsiflexion. These adaptations
were most likely employed to “shorten” the artificially induced longer leg. The ankle weight and
walking boot conditions were similar to the symmetric control condition in right leg peak flexion
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and extension angles and ranges of motion for the hip, knee, and ankle. One exception in right
ankle kinematic pattern and metrics was the walking boot condition, where physical joint
restrictions decreased ankle dorsiflexion, plantarflexion, and range of motion relative to the four
unrestricted conditions (n.b. these magnitudes were not assumed zero for the walking boot). On
the left side, the ankle weight condition was consistently similar to the control, while the shoe
leveler and walking boot conditions generally decreased hip and knee flexion, hip and knee range
of motion, decreased ankle dorsiflexion, and increased ankle plantar flexion in an attempt to either
“lengthen” the limb or facilitate right limb toe clearance. See Table 5.SM.1 for specific condition
averages, descriptive effects, and post-hoc pairings.

Figure 5.SM.1. Lower limb sagittal plane joint angles across the five conditions as a percentage of the gait cycle.
Right (maroon lines) and left (grey lines) sides coincide with the perturbed and unperturbed lower limbs,
respectively. The gait cycle was defined from right (perturbed) to right heel strike. All lines represent the
group averages, standard deviation bars were excluded from the plots for clarity. Positive hip, knee, and ankle
angle (degrees) values are representative of flexion, extension, and dorsiflexion, respectively. Abbreviations:
left heel strike (LHS) and toe-off (LTO), and right toe-off (RTO).
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Table 5.SM.1 Lower limb sagittal plane joint ranges, and peak flexion and extension angles across the five
conditions. Right and left sides coincide with the perturbed and unperturbed lower limbs, respectively. All
angles are expressed in degrees. Bolded p-values and letters (a-c) denote within group differences (α < .05) and
their respective group level post-hoc pairings, whenever applicable. Abbreviation: range of motion (RoM).

Condition
Control

Right

Hip

43.1 (4.1)a
43.5 (3.9)a
22.0 (3.5)a
21.7 (3.1)a
-21.1 (5.4)a,b,c -21.8 (4.9)a,b
72.1 (3.7)a,c
70.4 (3.1)a

Shoe
Leveler

Ankle Weight
&
Shoe Leveler

Walking
Boot

45.6 (4.4)b
25.8 (3.9)b
-19.8 (5.4)c
77.3 (4.1)b

45.6 (4.7)b
25.3 (3.6)b
-20.3 (5.3)b,c
75.1 (5.3)b,c

44.9 (5.9)a,b
22.0 (3.1)a
-22.9 (6.5)a
71.7 (4.3)a,c

Knee

Peak Extension
Peak Flexion
RoM

1.5 (2.7)a,b
-70.5 (2.4)a
21.3 (5.0)a

0.7 (2.2)a,b
-69.7 (2.1)a
21.3 (7.3)a

-0.2 (3.2)b
-77.6 (2.2)b
23.0 (6.1)a

-0.7 (2.7)b
-75.8 (3.4)b
20.2 (3.4)a

2.4 (2.6)a
-69.3 (4.1)a
6.6 (1.4)b

Ankle

Peak Dorsiflexion
Peak Plantarflexion
RoM
Peak Flexion
Peak Extension
RoM
Peak Extension
Peak Flexion
RoM
Dorsiflexion
Plantarflexion

11.8 (2.9)a
-9.5 (5.4)a
44.1 (4.3)
21.9 (3.8)a
-22.3 (5.4)a
71.0 (4.0)a
-0.1 (2.8)
-71.1 (3.4)a
20.9 (3.7)
12.2 (3.5)a
-8.8 (4.8)a

12.5 (3.2)a
-8.8 (7.6)a
45.0 (4.2)
21.9 (3.9)a
-23.1 (4.6)a
71.6 (4.1)a
0.1 (2.8)
-71.4 (3.5)a
21.6 (3.3)
12.7 (3.0)a
-8.9 (4.3)a

16.7 (2.4)b
-6.3 (6.2)a,b
44.2 (3.9)
20.2 (4.1)b
-24.0 (5.3)a
68.6 (3.8)b
1.1 (2.3)
-67.5 (3.0)b
21.6 (4.0)
7.6 (2.6)b
-13.9 (4.8)b

16.5 (2.4)b
-3.7 (2.3)b
44.3 (4.1)
20.3 (3.8)b
-24.0 (4.7)a
68.3 (4.1)b
0.7 (2.7)
-67.7 (3.0)b
21.1 (3.8)
7.9 (2.7)b
-13.2 (4.7)b

3.7 (0.9)c
-2.9 (1.1)b
44.8 (3.6)
20.9 (4.1)a,b
-24.0 (4.8)a
67.8 (5.1)b
0.4 (2.2)
-67.5 (4.8)b
21.0 (3.0)
8.3 (3.2)b
-12.7 (3.4)b

Hip

Left

RoM
Peak Flexion
Peak Extension
RoM

Ankle
Weight

Knee

Ankle

p- value
<.01
<.01
<.01
<.01
<.01
<.01
<.01
<.01
<.01
.28
<.01
.02
<.01
.06
<.01
.68
<.01
<.01

Pelvis Kinematics
Pelvis kinematic patterns were qualitatively similar across conditions but exhibited some
between condition magnitude and range of motion differences (Fig. 5.SM.2). In response to the
added leg length of the right (perturbed) leg, the shoe leveler conditions raised the pelvis on the
right side and increased tilting throughout the gait cycle relative to the symmetry condition (pvalues < .01). The restricted ankle motion and added mass of the walking boot increased pelvic
listing, tilting and posterior rotation, but decreased anterior rotation and anterior tilt compared to
the control condition (p-values < .01). These walking boot responses may be compensations for
the right ankle joint restriction but could also be reflective of calibration pose differences. Pelvic
kinematics for ankle weight and control conditions were similar. See Table 5.SM.2 for specific
condition averages, descriptive statistic effects, and post-hoc pairings.
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Figure 5.SM.2. Pelvic angles relative to global coordinate system across the five conditions as a percentage of
the gait cycle. The gait cycle was defined from perturbed (right) to perturbed heel strike. Positive list, rotation,
and tilt represent right fall, right anterior rotation, and posterior tilt, respectively. Lines represent the group
averages angles (degrees) with error bars showing the standard deviation of particular points on each curve.
Abbreviations: left heel strike (LHS) and toe-off (LTO), and right toe-off (RTO).

Table 5.SM.2. Pelvis ranges and directional maximum angles across the five conditions. The right side coincides
with perturbed lower limb. All angles are expressed in degrees. Bolded p-values and letters (a and b) denote
within group differences (α < .05) and their respective group level post-hoc pairings, whenever applicable.

Condition

List

RoM
Right Side-Fall
Right Side-Rise
RoM

Rotation Right Side-Anterior
Right Side-Posterior
RoM
Tilt
Posterior
"Anterior"

Control

Ankle
Weight

Shoe
Leveler

Ankle Weight
&
Shoe Leveler

Walking
Boot

7.2 (3.3)a,b
3.7 (1.7)a
-3.4 (2.0)a
10.6 (2.9)

7.5 (3.2)a
3.7 (1.9)a
-3.8 (2.0)a
10.5 (2.7)

7.0 (2.6)a,b
2.3 (1.6)b
-4.7 (1.7)b
10.9 (3.5)

7.6 (3.4)a
2.6 (2.1)b
-5.0 (1.9)b
9.7 (2.2)

6.3 (2.9)b
3.2 (1.8)a,b
-3.1 (1.9)a
11.9 (2.3)

5.3 (2.6)a
-5.3 (3.2)a
4.2 (1.3)a

4.6 (2.9)a,b
-5.9 (3.4)a
4.5 (1.4)a,b

5.3 (2.9)a
-5.6 (2.9)a
5.3 (1.4)b

4.5 (2.3)a,b
-5.2 (2.4)a
5.2 (1.6)b

3.2 (3.0)b
-8.6 (2.3)b
5.2 (1.4)b

6.1 (3.3)
1.9 (2.7)a

6.5 (3.2)
2.0 (2.5)a

6.9 (3.4)
1.6 (2.8)a,b

6.7 (3.2)
1.5 (2.1)a,b

5.8 (3.2)
0.6 (2.5)b
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p
value
.01
<.01
<.01
.07
.01
<.01
<.01
.19
.01

EMG Activity
Right (perturbed side) and left side trunk muscle activation patterns were asynchronously
offset by gait events but qualitatively similar across conditions (Fig. 5.SM.3). Quantitatively there
were only three statistical differences across conditions (Table 5.SM.3). The shoe leveler alone
and in combination with the ankle weight condition displayed higher peak activity in left
longissimus thoracis (LT; p < .01) than the symmetrical control condition. The combined ankle
weight and shoe leveler condition had lower average right latissimus dorsi (LD; p = .03) activity
compared to the control condition. There were also right LD peak activity differences between
conditions (p = .03) that the more conservative post-hoc Tukey tests could not distinguish. See
Table 5.SM.3 for specific condition averages, descriptive statistic effects, and post-hoc pairings.

Figure 5.SM.3. EMG activity across the five conditions as a percentage of the gait cycle. The gait cycle was
defined from perturbed (right) to perturbed strike. Maroon lines represent right (perturbed) and grey lines
the left (unperturbed) side of each muscle. All lines represent the normalized group averages, standard
deviation bars were excluded from the plots for clarity. Abbreviations: left heel strike (LHS) and toe-off (LTO),
and right toe-off (RTO), and external oblique (EO), iliocostalis lumborum (IL), internal oblique (IO), latissimus
dorsi (LD), longissimus thoracis (LT), rectus abdominis (RA) muscles.
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Table 5.SM.3. EMG peak and average activity across the five conditions. Right and left sides coincide with the
perturbed and unperturbed lower limbs, respectively. Bolded p-values and letters (a and b) denote within
group differences (α < .05) and their respective group level post-hoc pairings, whenever applicable.
Abbreviations: external oblique (EO), iliocostalis lumborum (IL), internal oblique (IO), latissimus dorsi (LD),
longissimus thoracis (LT), rectus abdominis (RA) muscles.

Condition
Control

Ankle
Weight

Shoe
Leveler

Ankle Weight
&
Shoe Leveler

Walking
Boot

p- value

Left Side

Right Side

Peak
.25

RA
EO
IO
LD

4.8 (2.2)
5.0 (2.7)
16.6 (8.2)
9.6 (5.5)

4.1 (1.9)
4.5 (2.2)
17.3 (8.8)
9.9 (6.8)

4.1 (2.0)
4.9 (2.7)
18.8 (8.0)
8.4 (4.9)

4.3 (1.8)
5.1 (2.5)
18.7 (8.7)
8.0 (4.3)

4.2 (2.0)
5.3 (4.2)
19.8 (8.8)
8.6 (6.2)

LT
IL
RA

8.4 (3.4)a
8.1 (4.0)
4.6 (3.4)

9.8 (3.2)a
7.8 (3.6)
4.3 (3.1)

8.5 (3.8)a
7.6 (3.8)
4.1 (3.1)

9.3 (3.8)a
7.8 (3.8)
4.1 (2.9)

9.9 (4.5)a
8.2 (3.4)
4.2 (2.6)

EO
IO
LD
LT
IL

6.2 (4.3)
20.6 (11.8)
9.9 (11.7)
9.5 (5.6)a
9.8 (4.2)

5.7 (4.3)
21.2 (9.6)
8.3 (8.2)
10.7 (7.3)a,b
9.2 (3.8)

5.9 (5.1)
19.7 (9.4)
10.1 (12.2)
11.9 (7.4)b
8.9 (4.1)

6.3 (5.9)
20.2 (9.9)
8.2 (6.4)
12.1 (7.4)b
9.5 (3.9)

7.2 (6.5)
20.4 (9.0)
8.1 (7.7)
11.2 (6.2)a,b
9.3 (3.8)

.66
.21
.12
.03
.75
.65
.19
.91
.41
<.01
.55

2.9 (1.2)
3.4 (2.3)
11.3 (5.8)
3.6 (2.3)a,b
4.0 (1.6)
4.0 (1.9)
3.0 (2.0)
4.3 (3.9)
13.6 (6.4)
3.3 (3.0)
3.8 (2.0)
4.1 (1.6)

.08
.96
.94
.03
.11
.06
.16
.29
.84
.25
.83
.20

Left Side

Right Side

Average
RA
EO
IO
LD
LT
IL
RA
EO
IO
LD
LT
IL

3.4 (1.3)
3.4 (2.0)
10.8 (5.9)
4.4 (2.4)a
3.6 (1.5)
3.8 (1.8)
3.5 (2.5)
3.9 (2.8)
12.8 (7.4)
4.1 (4.9)
3.9 (2.6)
4.2 (1.8)

3.0 (1.4)
3.3 (1.9)
11.1 (5.6)
4.0 (2.6)a,b
3.8 (1.4)
3.7 (1.7)
3.2 (2.4)
3.7 (3.1)
13.5 (6.2)
3.2 (2.7)
3.8 (2.5)
4.0 (1.6)

2.9 (1.4)
3.4 (1.9)
11.5 (5.9)
3.7 (2.1)a,b
3.8 (1.5)
3.7 (1.7)
3.0 (2.4)
3.8 (3.5)
12.6 (5.9)
3.7 (4.0)
3.9 (2.4)
3.9 (1.6)
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3.0 (1.3)
3.5 (2.0)
11.1 (5.5)
3.6 (1.9)b
4.1 (1.8)
3.8 (1.7)
3.0 (2.3)
4.0 (3.6)
13.3 (6.2)
3.0 (2.1)
3.9 (2.4)
4.2 (1.6)

CHAPTER 6
STUDY 3
DEMANDS ON THE LOWER BACK DURING LOAD CARRIAGE IN
ASYMMETRICAL GAIT

6.1.

Introduction
Gait asymmetries are defined as bi-lateral differences in lower limb kinematics or kinetics

during locomotion (Sadeghi et al., 2000). Individuals who demonstrate asymmetrical gait have a
higher incidence of lower back pain (LBP) than those with normal gait (Devan et al., 2014; Kelsey
et al., 1984; Knutson, 2005b; Ready et al., 2018; Wolfe et al., 1996). There are several chronic
and acute causalities for asymmetrical gait. Chronic pathologies associated with asymmetric gait
include lower limb injuries, deformities, bi-lateral leg length differences, and amputations
(Constantinou et al., 2014; Dananberg, 1993; Devan et al., 2014; Knutson, 2005b; Mündermann
et al., 2005). Acute lower limb gait asymmetries can result from localized pain, an imbalance in
footwear, or a prescribed joint motion restriction (Gulgin et al., 2018; also see Study 2). Carrying
an uneven load, an awkward object, or with only one arm can by themselves temporarily induce
asymmetric gait (Bergmann et al., 1997; DeVita et al., 1991; Wang and Gillette, 2018).
Biomechanical studies using in vivo measurements and in silico biomechanical
musculoskeletal models to determine lower back loading have demonstrated that both upper and
lower limb induced asymmetries result in larger lower back demands compared to symmetrical
healthy gait (Cappozzo and Gazzani, 1982; Gillette et al., 2009; Hendershot et al., 2018;
Hendershot and Wolf, 2014; McGill et al., 2013; Rohlmann et al., 2014c; Rose et al., 2013; Shojaei
et al., 2016; Wilke et al., 2001; Yoder et al., 2015; Yu et al., 2014). Carrying a weight solely in
one hand can produce higher compressive loads than when twice the total weight is carried evenly

137

in two hands (McGill et al., 2013; Rohlmann et al., 2014c; Wilke et al., 2001). However, despite
being a routine activity and cited as a potential factor contributing to LBP (Devan et al., 2015) the
combined effect of load carriage asymmetries and lower limb asymmetrical gait on lower back
demands has not been determined.
Therefore, the objective of this study is to determine how upper extremity load carriage
techniques affect lower back demands during both symmetrical and asymmetrical gait. To study
this, healthy able-bodied participants wore a medical-grade walking boot on one leg to induce a
lower limb gait asymmetry (Study 2) and were asked to carry prescribed weights in either one or
two hands. Lower back demands were estimated with an EMG optimization (EMGopt) driven
OpenSim musculoskeletal model of the lower back (Study 1). We hypothesized that a) upper
extremity load carriage combined with lower limb asymmetry would produce greater lower back
demands than either upper extremity load carriage or lower limb asymmetries alone (Badawy et
al., 2018; Ganguli and Datta, 1977) and b) unilateral loads carried on the side contralateral to the
walking boot would be more demanding on the lower back than ipsilateral load carriage (DeVita
et al., 1991; McGill et al., 2013; Rose et al., 2013; Study 2). By establishing how an everyday
activity such as load carriage can affect lower back demands for those with a lower limb
asymmetry, clinicians and ergonomists may be able to help reduce lower back pain and injury in
individuals with asymmetric gait.

6.2.

Methods

Participants
Twelve (n=12; 6 male) young (26±5), healthy (no history of lower back pain or
neurological disorders), and fit (1.71±0.07 meters tall; 64.7±8.3 kgs) participants were recruited
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from the general university population. A priori, participation, participants consented to this
University of Massachusetts Amherst Institutional Review Board approved study.

Equipment and Setup
The experimental protocol was described in Study 2 which examined how different lower
limb asymmetries impact lower back demands. In brief, full-body motion capture (Qualisys AB,
Sweden), electromyography (EMG; Delsys Inc. USA) on six bilateral trunk muscle groups (rectus
abdominis, external and internal obliques, latissimus dorsi, longissimus thoracis pars thoracis, and
iliocostalis lumborum pars thoracis; Gagnon et al., 2011; McGill et al., 2013), and directional trunk
rotation strength data (Biodex Medical Systems Inc. USA) were collected to estimate the lower
back demands during load carrying conditions performed on a powered force treadmill
(Treadmetrix, USA). The three-dimensional position of up to 64 reflective markers were collected
(100 Hz) along with time-synced digital (EMG) and analog inputs (both at 2000 Hz) within the
motion capture software. Hand-held adjustable weight dumbbells were carried either bi- or unilaterally in symmetrical and asymmetrical conditions (Fig. 6.2.1), with dumbbell weights based on
each participant’s body weight. During normal symmetrical carries participants wore their own
athletic shoes, while in asymmetrical carries a medical-grade walking boot (Aircast® FP Walking
Brace) was worn in place of their shoe on the right limb. All participants donned form-fitting
clothing and comfortable footwear during measurements of anthropometry, self-selected treadmill
walking speed, maximal voluntary contractions (MVC) to establish trunk strength, and
experimental carrying conditions.
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Figure 6.2.1. Schematic of the gait and load carriage experimental conditions. See Table 6.2.1 and in text
Procedure for complete details on conditions.

Procedure
Ten experimental load carriage conditions were performed at 90% of each participant’s
self-selected treadmill walking speed (90S; Table 6.2.1.). 90S represents the speeds reported while
participants wore a similar walking boot or were required to carry a load (Crosbie et al., 1994;
Gulgin et al., 2018; Nottrodt and Manley, 1989). The ten conditions consisted of six asymmetrical
conditions with the walking boot on the right leg and four symmetrical conditions without the boot.
For the symmetrical tasks, upper extremity load carriage consisted of 7.5% (7.5BW) and 15.0%
(15BW) body weight carried in one (unilateral) or two (bilateral) hands. In the asymmetrical
walking boot conditions, one-hand carries were conducted with the weight in either the
contralateral or ipsilateral hand with respect to the walking boot, resulting in six asymmetrical
conditions (bilateral carries of 7.5BW and 15BW, and unilateral carries of 7.5BW and 15BW on
both ipsi- and contra-lateral sides).
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Table 6.2.1. The ten different load carriage conditions. All conditions were block randomized by conditions
involving and not involving the walking boot and performed at 90% of a participant’s self-selected treadmill
walking speed. Loads were participant-specific based on a percentage of bodyweight (%BW). One handed
contralateral and ipsilateral carrying locations represent the load carriage side relative to the walking boot on
the right foot. Superscripts denote the analysis of variance (ANOVA) test group(s) assigned to that condition.
*the unilateral asymmetrical carrying location that resulted in the largest lower back demands as determined
from test ‘b’ was applied to the principle test ‘a’.

Gait Symmetry
Symmetrical
(Shoes)

Asymmetrical
(Walking Boot)

Carrying Location

Total Load Carried (%BW)

Bilateral

15a

30a

Unilateral (Right Hand)

7.5a

15a

Bilateral

15a

30a

Unilateral (Contralateral) *

7.5a,b

15a,b

Unilateral (Ipsilateral)*

7.5a,b

15a,b

To prevent post-adaptations and minimize necessary motion capture marker adjustments
and corresponding model calibration poses, the six walking boot conditions always followed the
four symmetrical gait conditions in a randomized block design. After the symmetrical gait
conditions, all motion capture markers below the right knee were removed and placed in equivalent
locations on the surface of the walking boot. Data collection from standing calibration poses and
unloaded walking acclimation periods of at least 120 seconds for the symmetric and 300 seconds
for the less familiar walking boot conditions (Matsas et al., 2000; Taylor et al., 1996) commenced
each block. Each carrying condition was then restricted to only 50 total seconds, with the first 20
seconds dedicated to acclimation followed immediately by 30 seconds of data collection, in
accordance with manual material handling recommendations (Dick et al., 2017). Two minutes of
rest were provided between each condition to minimize fatigue.
At the conclusion of the experimental carrying conditions, MVCs of trunk strength were
administered against a dynamometer (Biodex Medical Systems Inc., USA; Study 1). The MVCs
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were used to both scale the musculoskeletal model to participant-specific trunk strengths and
establish upper activity limits for the normalization of each EMG (McGill et al., 1991).

Musculoskeletal Model and Data Processing
Prior to model implementation, marker positions, ground reaction forces, and
dynamometer torque were filtered with a 6 Hz fourth-order zero-lag low pass Butterworth filter
(Winter, 2009). Recorded EMG data were sequentially detrended, band-pass filtered (30-500 Hz),
full wave rectified, low-pass filtered (3 Hz), time-shifted (10 ms), and scaled to highest MVC
values (Study 1). Force, torque, and EMG data were down sampled to 100 Hz to sync with motion
capture data. Post processing and statistical tests were performed within MATLAB (MathWorks,
USA).
The OpenSim (Delp et al., 2007) lower back musculoskeletal model described and
evaluated in Study 1 was used to estimate the lower back kinetic demands from the experimental
data. Participant-specific models were built from calibration poses and MVC strength data (Study
1). The model’s six lower back joints were controlled by 238 muscle tendon actuators (MTA)
representing three trunk muscle groups. MTA forces were computed with an EMG optimization
algorithm (EMGopt; Cholewicki and McGill, 1994).

EMGopt includes participant-specific

muscle activity from recorded EMG to help distribute the calculated joint reaction moments among
the MTAs on a frame-by-frame basis (Cholewicki and McGill, 1994; Gagnon et al., 2011; Study
1). The walking boot inertial characteristics were described as appropriately sized tubed cylinders
“welded” around the distal shank. Dumbbell weights were modeled as solid cylinders of 7.5% or
15% BW welded to the hands. Three consecutive individual strides from each participant and
condition were established from consecutive right (walking boot) heel strikes (Zeni et al., 2008).
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For each participant, dependent variables were calculated from ensemble patterns formed by
averaging their three time-normalized strides.
Standard OpenSim toolboxes were accessed within custom MATLAB API scripts (Lee and
Umberger, 2016) to incorporate EMGopt and to calculate select dependent variables. For each
participant, the dependent variables of interest were peak and average L5/S1 compression,
resultant shear, and muscle group forces from all ten conditions.

Muscles were grouped

(Christophy et al., 2012) as either stabilizers (e.g. latissimus dorsi, multifidus, psoas major, and
quadratus lumborum), flexion locomotors (e.g. external obliques, internal oblique, and rectus
abdominis), or extension locomotors (e.g. iliocostalis lumborum pars lumborum, iliocostalis
lumborum pars thoracis, longissimus thoracis pars lumborum, and longissimus thoracis pars
thoracis).

Statistical Analysis
Two separate analysis of variance (ANOVA; α= .05) tests were used to determine a) if load
carriage was more deleterious during asymmetric gait; and b) if there was an effect of unilateral
hand carriage location relative to the walking boot side (Table 6.2.1). For the latter test (b) a twoway (2 unilateral hand locations × 2 dumbbell loads) repeated-measures ANOVA test compared
the main effect of contra- versus ipsilateral load location on L5/S1 compression and resultant shear
force metrics during asymmetric gait. The unilateral carrying side which resulted in the larger
lower back compression and shear forces was applied in the principle test (a) on load carriage and
gait asymmetries. In the absence of any unilateral carrying side differences, the ipsilateral (right)
carrying location would be used in test (a) for consistency with symmetrical gait trials. For test
(a) a three-way (2 gait [a]symmetries × 2 carriage locations × 2 dumbbell loads) ANOVA
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compared main effect differences for all dependent variables. Tukey post-hoc tests were used to
analyze significant ANOVA findings.

6.3.

Results
Gait cycle patterns for L5/S1 vertebral joint forces across all load carrying conditions are

depicted in Fig. 6.3.1. In general, L5/S1 forces exhibited qualitatively similar bimodal patterns
with some differences in magnitude. Peak and minimum force values for both force directions
occurred in conjunction with double and single stance phases of the gait cycle, respectively.
Carrying dumbbells of 15BW versus 7.5BW generally resulted in larger magnitudes throughout
the gait cycle. Compression and shear force curves from one hand carries were less symmetrical
but of similar peak magnitudes than two handed carries with equivalent dumbbells in each hand.
During one hand carries the curves tended to peak following heel strikes on the dumbbell side,
which was more evident with the heavier 15BW dumbbell conditions.

In gait asymmetry

conditions, patterns were qualitatively similar to symmetric gait but tended to result in slightly
higher magnitudes.
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Figure 6.3.1. L5/S1 vertebral joint forces across asymmetric and symmetric walking conditions as a percentage
of the gait cycle. Gait cycles started and ended at right (walking boot) heel strikes. Shear (top row) and
compression (bottom row) forces were all normalized to bodyweight (%). Unilateral carries were held in the
right hand for symmetric (grey lines) gait trials, and either left (contralateral; solid maroon lines) hand or right
(ipsilateral; dashed maroon lines) hand for asymmetric (walking boot) gait conditions. All lines represent the
group averages, standard deviation bars were excluded from the plots for clarity. Abbreviations: dumbbells of
7.5% (7.5BW) or 15% (15BW) bodyweight, left heel strike (LHS) and toe-off (LTO), and right toe-off (RTO).

Gait cycle patterns for muscle group forces across all load carrying conditions are shown
in Fig. 6.3.2. Muscle group force patterns across conditions were akin to L5/S1 vertebral joint
force trends, with larger force magnitudes being generated by the extension locomotor group,
followed by the stabilizers and then the flexion locomotors. The unilateral carries demonstrated
larger differences in patterns across gait symmetries than the bilateral carries, particularly with
15BW dumbbells.
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Figure 6.3.2. Muscle group forces across asymmetric and symmetric walking conditions as a percentage of the
gait cycle. Unilateral carries were held in the right hand for symmetric (grey lines) gait trials, and either left
(contralateral; solid maroon lines) hand or right (ipsilateral; dashed maroon lines) hand for asymmetric
(walking boot) gait conditions. All lines represent the group force averages (as a percentage of bodyweight),
gait cycles started and ended with right (walking boot) heel strike, while standard deviation bars were excluded
from the plots for clarity. See Methods for muscles contained in Stabilizers (top panel), Extension Locomotors
(middle panel), and Flexion Locomotors (bottom panel). Abbreviations: dumbbells of 7.5% (7.5BW) or 15%
(15BW) bodyweight, left heel strike (LHS) and toe-off (LTO), and right toe-off (RTO).

Test b - Impact of unilateral hand carriage location on L5/S1 joint forces during asymmetric gait
Normalized L5/S1 vertebral joint force magnitudes and statistical results for unilateral
carrying with asymmetric gait can be found in Table 6.3.1. As expected, carrying 15BW
dumbbells resulted in larger L5/S1 average and peak forces than 7.5BW dumbbells, with p-values
< .01. However, compression and shear forces were not significantly impacted by which hand was
holding the weighted dumbbell across 7.5BW and 15BW conditions (p-values ranged from .07 to
.29). There was a consistent trend for greater L5/S1 forces when the weight was held in the left
hand, and the dumbbell load × hand location interaction showed differences across all descriptive
metrics (Table 6.3.1); p-values <.01 to .02). Post-hoc analysis of the interaction effect showed that
carrying a 15BW dumbbell in the left hand contralateral to the walking boot limb resulted in
significantly larger shear force (peak: 66.5 ± 16.6 vs 56.3 ± 10.7 %BW; average: 45.0 ± 8.5 vs 39.6
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± 6.2) and compression force (peak: 404.9 ± 79.6 vs 373.3 ± 70.8; average: 318.7 ± 51.3 vs 296.8
± 47.0) than when carried in the right hand. Therefore, in the subsequent test (a) only data from
the asymmetrical unilateral carries with the weight in the left hand were included.

Table 6.3.1. Peak and average L5/S1 vertebral joint shear and compression force effects during asymmetric
gait for unilateral carry locations in the left or right hand. Forces were normalized and expressed as a
percentage of bodyweight. Asymmetry was induced with a walking boot worn on the right lower limb. Letters
denote post-hoc pairings from significant differences (in bold; p < .05) between main effects of dumbbell load,
location, and dumbbell × location interaction. Abbreviations: dumbbells of 7.5% (7.5BW) or 15% (15BW)
bodyweight.

D×L

Location (L)

Dumbbell (D)

Source

Metrics

Main & Interaction Effects
15BW
61.4 (14.6)b

<.01

Average
Peak
Compression
Average

32.4 (5.9)a
42.3 (7.8)b
335.3 (53.7)a 389.1 (75.4)b
247.5 (27.6)a 307.8 (49.4)b

<.01
<.01
<.01

Peak
Average
Peak
Compression
Average

Left
57.5 (16.2)
38.8 (9.6)
368.4 (74.8)
283.1 (54.3)

.29
.07
.22
.10

Peak
Average
Peak
Compression
Average

7.5BW
15BW
Left
Right
Left
Right
48.5 (9.9)a 50.9 (13.6)a,b 66.5 (16.6)c
56.3 (10.7)b
32.7 (6.1)a
32.1 (5.8)a
45.0 (8.5)c
39.6 (6.2)b
331.9 (49.4)a 338.6 (59.6)a 404.9 (79.6)c 373.3 (70.8)b
247.5 (27.9)a 247.6 (28.6)a 318.7 (51.3)c 296.8 (47.0)b

Shear

Peak

Shear

Shear

7.5BW
49.7 (11.7)a

p-value

Right
53.6 (12.3)
35.9 (7.0)
355.9 (66.4)
272.2 (45.6)

<.01
.02
<.01
.02

Test a – Impact of asymmetric gait on lower back demands during carrying tasks
Normalized L5/S1 vertebral joint force magnitudes and statistical results for each carrying
condition can be found in Table 6.3.2. As expected, both peak and average normalized L5/S1
vertebral joint compression and shear forces were larger when carrying 15BW versus 7.5BW
dumbbells (all p-values < .01). For three of the four metrics, carrying a load in one hand resulted
in significantly larger vertebral joint forces than when the same dumbbell weight was carried in
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each of the hands and thus doubling the total weight carried (p-values ranged from <.01 to .02).
The lone exception was for the peak compression force, which was larger but not statistically
different in the unilateral carry (p = .10). The presence of lower limb gait asymmetry induced by
the walking boot led to larger average compression forces (Fig. 6.3.4; p = .03). No asymmetryrelated statistical differences were found for the L5/S1 shear force measures (p-values ranged from
.10 to .42) or for peak compression force (p = .10). The interaction effect of dumbbell load and
gait symmetry was significant for average L5/S1 shear force, with post-hoc comparisons showing
symmetric and asymmetric gait to have similar average shear forces while carrying 7.5BW but not
15BW dumbbells (p < .01). All other interactions involving gait symmetry were insignificant (pvalues from >.05 to .94).
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Table 6.3.2. L5/S1 vertebral joint shear and compression force peak and average effects during carries.
Dumbbells were carried either in one or two hands, in the latter task the total hand load was therefore doubled.
During asymmetric gait, the lower limb perturbation was located on the right side and one hand carries were
held in the left contralateral hand, while during symmetric gait one hand carries were held in the right hand.
Letters next to group averages denote post-hoc groupings following statistical (in bold; p < .05) differences.
Abbreviations: dumbbells of 7.5% (7.5BW) or 15% (15BW) bodyweight.

D×H×G

H×G

D×G

D×H

Gait
Symmetry (G)

Hands (H)

Dumbbell (D)

Source

Metrics

Main & Interaction Effects

p-value

7.5BW
15BW
Peak
48.2 (9.3)a 57.8 (14.8)b
Average 31.7 (5.5)a
39.0 (7.8)b
Peak
329.0 (49.2)a 378.0 (69.5)b
Compression
Average 241.7 (24.6)a 290.8 (43.2)b

<.01
<.01
<.01
<.01

One
Two
Peak
56.1 (15.1)b 49.9 (10.2)a
Average 37.5 (8.5)b
33.2 (6.1)a
Peak
361.7 (75.9) 345.2 (50.8)
Compression
Average 275.7 (50.9)b 256.7 (30.4)a

.02
<.01
.10
<.01

Symmetric Asymmetric
Peak
52.2 (12.6)
53.8 (13.8)
Shear
Average
34.7 (6.8)
36.0 (8.4)
Peak
348.1 (67.0) 358.8 (62.7)
Compression
Average 261.2 (39.5)a 271.2 (45.7)b

.42
.10
.10
.03

7.5BW
15BW
One
Two
One
Two
Peak
49.0 (9.8)a,b 47.5 (9.0)a 63.3 (16.2)c 52.3 (11.0)b
Shear
Average 32.2 (5.6)a
31.3 (5.4)a
42.8 (7.6)c
35.2 (6.2)b
Peak
329.0 (54.7)a 328.9 (44.2)a 394.5 (80.8)c 361.4 (52.6)b
Compression
Average 243.3 (26.9)a 240.1 (22.4)a 308.2 (48.7)c 273.4 (28.4)b

<.01
<.01
<.01
<.01

Shear

Shear

Peak
Average
Peak
Compression
Average

7.5BW
Symmetric Asymmetric
48.3 (9.9)
48.2 (8.9)
31.7 (5.5)a
31.7 (5.6)a
325.9 (55.4) 332.1 (43.1)
239.7 (24.1) 243.6 (25.4)

15BW
Symmetric Asymmetric
56.2 (14.0)
59.4 (15.7)
37.7 (6.8)b
40.3 (8.7)c
370.3 (71.2) 385.6 (68.4)
282.8 (40.5) 298.9 (45.2)

.16
.01
.28
.05

Peak
Average
Peak
Compression
Average

One
Symmetric Asymmetric
54.8 (14.0)
57.5 (14.0)
36.1 (7.2)
38.8 (7.2)
355.1 (78.0) 368.4 (78.0)
268.4 (47.3) 283.1 (47.3)

Two
Symmetric Asymmetric
49.7 (9.9)
50.1 (9.9)
33.3 (6.1)
33.2 (6.1)
341.1 (47.5) 349.2 (47.5)
254.1 (32.1) 259.4 (32.1)

.55
.10
.70
.18

Peak
Average
Peak
Compression
Average

7.5BW
One
Two
Symmetric Asymmetric Symmetric Asymmetric
49.5 (10.0)
48.5 (9.9)
47.2 (10.1)
47.9 (8.2)
31.6 (5.3)
32.7 (6.1)
31.8 (5.9)
30.7 (4.9)
326.1 (61.7) 331.9 (49.4) 325.6 (51.1) 332.2 (38.1)
239.0 (26.5) 247.5 (27.9) 240.3 (22.6) 239.8 (23.3)

Shear

Shear

Shear
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15BW
One
Two
Symmetric Asymmetric Symmetric Asymmetric
60.1 (15.8)
66.5 (16.6)
52.3 (11.2)
52.3 (11.2)
40.6 (6.1)
45.0 (8.5)
34.7 (6.4)
35.7 (6.3)
384.0 (84.2) 404.9 (79.6) 356.6 (55.7) 366.3 (51.3)
297.7 (45.8) 318.7 (51.3) 267.9 (29.1) 279.0 (27.7)

.09
.61
.46
.94

Figure 6.3.4. L5/S1 vertebral joint and muscle group force metrics for carrying loads with symmetric and
asymmetric gait. Panel A) L5/S1 vertebral joint shear force; panel B) L5/S1 vertebral joint compression force;
panel C) flexion locomotors; panel D) extension locomotors; panel E) stabilizers. Forces are normalized as a
percentage of bodyweight and are averaged across 7.5BW and 15BW loads to emphasize the effect of gait
symmetry. During asymmetric gait (maroon bars), the walking boot perturbation was located on the right lower
limb, while during symmetric (grey bars) gait conditions participants donned their own athletic shoes. See
Tables 6.3.2 (L5/S1 joint force) and 6.3.3 (muscle group force) for data from individual load carrying
conditions. Whiskers represent ±1 standard deviation and asterisks (*) denote statistical differences (α < .05)
between gait types. See Methods for muscles contained in each of the three groups.

Muscle group force magnitudes and statistical results for each load carrying condition can
be found in Table 6.3.3. Muscle group force statistical trends resembled L5/S1 vertebral joint
force effects. For all three muscle groups, normalized peak and average forces increased when
carrying 15BW versus 7.5BW dumbbells (all p-values < .01). One hand load carries resulted in
significantly greater peak and average forces compared to two-handed carries for flexion
locomotors (p-values < .01) and extension locomotors (p-values < .05), but not peak (p = .84) or
average (p = .17) stabilizer forces. Compared to symmetric gait, asymmetric gait increased peak
forces for flexion locomotor (p = .02) and stabilizer (p = .03) muscle groups and increased average
force for the stabilizer group (p < .01). The interaction effect of dumbbell load and gait type was
significant (p = .03) for average force in the extension locomotor group, with post-hoc comparisons
indicating similar gait type results while carrying 7.5BW but larger muscle forces when carrying
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15BW dumbbells with asymmetric gait.

All other interactions involving gait type were

insignificant (with p-values ranging from .07 to .96).
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Metrics

Flexion
Peak
Locomotors Average
Extension Peak
Locomotors Average
Peak
Stabilizers
Average

7.5BW
109.7 (21.3)a
77.8 (12.9)a
210.7 (33.2)a
145.3 (18.3)a
170.3 (35.8)a
124.9 (21.8)a

15BW
133.7 (33.9)b
97.8 (25.7)b
255.7 (56.4)b
184.1 (36.8)b
191.3 (41.7)b
147.3 (28.9)b

<.01
<.01
<.01
<.01
<.01
<.01

Flexion
Peak
Locomotors Average
Extension Peak
Locomotors Average
Peak
Stabilizers
Average

One
130.9 (35.5)b
95.5 (27.0)b
244.0 (60.0)b
175.6 (41.3)b
180.3 (41.5)
137.9 (30.0)

Two
112.5 (21.6)a
80.0 (13.4)a
222.5 (38.4)a
153.8 (22.6)a
181.3 (39.0)
134.3 (25.7)

<.01
<.01
.05
<.01
.84
.16

Peak
Flexion
Locomotors Average
Extension Peak
Locomotors Average
Peak
Stabilizers
Average

Symmetric
116.9 (28.5)a
87.0 (22.4)
228.5 (50.3)
160.4 (31.0)
176.9 (41.2)a
133.5 (26.4)a

Asymmetric
126.5 (32.2)b
88.6 (23.0)
237.9 (52.3)
169.0 (38.3)
184.7 (39.0)b
138.7 (29.2)b

.02
.50
.26
.08
.03
<.01

Flexion
Peak
Locomotors Average
Extension Peak
Locomotors Average
Peak
Stabilizers
Average

7.5BW
One
Two
112.7 (22.0)a 106.7 (20.6)a
80.4 (13.1)a 75.3 (12.4)a
212.4 (35.6)a 209.1 (31.3)a
148.0 (19.3)a 142.5 (17.2)a
167.3 (34.0) 173.2 (38.0)
123.9 (21.4)a 126.0 (22.6)a

15BW
One
Two
149.0 (37.5)b 118.4 (21.4)a
110.7 (29.0)b 84.8 (12.8)a
275.5 (63.4)c 235.8 (40.9)b
203.2 (39.1)c 165.0 (21.9)b
193.3 (44.9) 189.4 (39.0)
152.0 (31.1)c 142.6 (26.3)b

<.01
<.01
<.01
<.01
.07
<.01

Flexion
Peak
Locomotors Average
Extension Peak
Locomotors Average
Peak
Stabilizers
Average

7.5BW
Symmetric Asymmetric
106.9 (21.5) 112.6 (21.1)
78.0 (12.7)
77.6 (13.3)
210.0 (39.0) 211.5 (27.0)
144.4 (18.2)a 146.2 (18.7)a
165.2 (38.2) 175.3 (33.2)
123.5 (22.7) 126.3 (21.3)

15BW
Symmetric Asymmetric
127.0 (31.4) 140.3 (35.7)
96.0 (26.3)
99.5 (25.6)
247.1 (54.2) 264.3 (58.4)
176.5 (33.1)b 191.8 (39.4)c
188.6 (41.4) 194.0 (42.6)
143.5 (26.4) 151.1 (31.2)

.07
.26
.16
.03
.39
.14

Flexion
Peak
Locomotors Average
Extension Peak
Locomotors Average
Peak
Stabilizers
Average

One
Symmetric Asymmetric
123.5 (31.8) 138.2 (31.8)
93.6 (27.1)
97.5 (27.1)
240.2 (58.4) 247.8 (58.4)
168.6 (36.7) 182.7 (36.7)
173.6 (41.0) 187.0 (41.0)
134.1 (27.4) 141.8 (27.4)

Two
Symmetric Asymmetric
110.4 (19.6) 114.7 (19.6)
80.5 (12.8)
79.6 (12.8)
216.9 (38.4) 228.0 (38.4)
152.3 (23.8) 155.3 (23.8)
180.2 (36.5) 182.3 (36.5)
132.9 (25.9) 135.7 (25.9)

.20
.36
.79
.10
.15
.21

Flexion
Peak
Locomotors Average
Extension Peak
Locomotors Average
Peak
Stabilizers
Average

7.5BW
One
Two
Symmetric Asymmetric Symmetric Asymmetric
108.5 (20.6) 116.9 (23.4) 105.2 (23.2) 108.2 (18.5)
79.4 (12.3)
81.3 (14.4)
76.6 (13.6)
73.9 (11.5)
215.8 (42.1) 208.9 (29.1) 204.2 (36.4) 214.0 (25.7)
144.6 (18.1) 151.5 (20.6) 144.2 (19.2) 140.8 (15.7)
160.0 (34.1) 174.7 (33.7) 170.5 (42.8) 175.9 (34.1)
122.1 (23.1) 125.6 (20.5) 125.0 (23.2) 127.0 (23.0)

D×H×G

H×G

D×G

D×H

Gait
Symmetry(G)

Hands (H)

Source

Dumbbell (D)

Table 6.3.3. Muscle group effects during load carriage. Dumbbells were carried either in one or two hands, in
the latter the total carried load was therefore doubled. During asymmetric gait, the walking boot was located
on the right lower limb. In unilateral carries the dumbbell was held in the left hand during asymmetric gait
(see Test b) and the right hand during symmetric gait. Letters next to group averages denote post-hoc
groupings following statistical differences (in bold; p < .05). See Methods for muscles contained in each group.
Statistical tests were only performed on the peak and average of summed muscle group forces and not
individual muscles or sides. Abbreviations: dumbbells of 7.5% (7.5BW) or 15% (15BW) bodyweight.
Main & Interaction Effects
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p-value

15BW
One
Two
Symmetric Asymmetric Symmetric Asymmetric
138.5 (34.6) 159.5 (38.8) 115.5 (24.0) 121.2 (19.2)
107.7 (30.8) 113.7 (28.0)
84.3 (14.2)
85.3 (11.8)
264.5 (63.8) 286.6 (63.7) 229.7 (37.6) 242.0 (44.7)
192.6 (35.2) 213.9 (41.3) 160.3 (21.9) 169.8 (21.9)
187.3 (44.0) 199.3 (47.0) 189.9 (40.6) 188.8 (39.2)
146.1 (26.8) 157.9 (35.0) 140.9 (27.0) 144.3 (26.6)

.20
.96
.17
.89
.68
.35

6.4.

Discussion
In this study we sought to answer two questions concerning lower limb gait asymmetry

induced with a walking boot: a) Are lower back forces during load carriage different than in
symmetric gait? and b) In one-handed carries, does the hand side with respect to the walking boot
affect L5/S1 joint forces? The original hypotheses were that a) gait asymmetry would have greater
back forces during carrying tasks than with symmetrical gait, and b) unilaterally carrying a load
on the side contralateral to the walking boot would result in higher L5/S1 joint forces. Both
hypotheses were partially supported. Compared to symmetric gait, load carriage demands were
larger in several key lower back variables during asymmetrical gait in bi- and uni-lateral carries.
For one-handed carries, carrying a weight on the side contralateral to the walking boot resulted in
larger average L5/S1 vertebral joint compression forces than when carried on the boot side.
Biomechanical studies on unilateral load carrying have demonstrated that one hand load
carriage moves the carrier’s center of mass (CoM) in the direction of the load. Compared to
unloaded normal walking, this CoM shift results in larger L5/S1 frontal plane internal joint
moments due to increased muscle forces on the unloaded side, and increased anterior/posterior
shearing (DeVita et al., 1991; McGill et al., 2013; Rose et al., 2013). In Study 2, peak frontal
plane L5/S1 joint moments were larger during unloaded asymmetrical walking boot conditions
compared to symmetrical gait. Together these findings led to the hypothesis that L5/S1 joint forces
would be larger during one-handed load carriage when loads were carried in the left hand when
the walking boot was on the right side. While all L5/S1 joint force metrics were generally larger
with the load in the left rather than right hand, there was no significant main effect of dumbbell
hand location. However, the hand by dumbbell weight interaction analysis showed that there were
significant differences between hands for larger 15BW dumbbell loads but not for the 7.5BW
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loads. For the larger 15BW dumbbells, all L5/S1 force metrics were significantly larger when the
weight was held in the left hand, supporting the second hypothesis.
A potential factor during asymmetric gait could be that individuals generally seek to
minimize ground contact time on a perturbed limb (e.g. walking boot). A reduction in ground
contact time causes the body’s CoM medial-lateral acceleration to increase while quickly
transitioning from perturbed to unperturbed limb stance (Tesio and Rota, 2019). In the present
case, carrying an added mass (dumbbell) on the left side opposite to the walking boot could
compound this asymmetric gait lateral acceleration. To control the trunk CoM’s enhanced lateral
motion, trunk muscles on the right walking boot side (opposite the load) would be called upon to
exert larger forces, leading to increased vertebral joint loads (Marras, 2000). Post hoc analyses
showed that participants spent less time in stance on the right walking boot side than on the left
side (see Supplemental Material, Table 6.SM.1) and had larger lateral accelerations when a
dumbbell was carried in the left, as opposed to the right, hand (see Supplemental Material, Table
6.SM.2). Further, there is evidence of increased contralateral (i.e. right) side trunk muscle group
forces during unilateral carries with the left hand as compared to contralateral muscle group forces
in the right hand carries (see Supplemental Material, Tables 6.SM.2) which would contribute to
larger L5/S1 vertebral joint forces.
In contrast to unilateral carries, bilateral carries evenly distribute the load between both
hands in the frontal plane and therefore do not substantially move the carrier’s CoM, although they
still affect the spine by adding gravitational force from the load, extra work requirements, and
possible perceived stability demands to the spine (McGill et al., 2009). Several in vivo and
computer model evaluations of lower back joint demands across different load carriage techniques
support this rationale (see review by Badawy et al., 2018). Our data and these studies suggest that
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carrying weight in one hand results in back forces often greater than carrying the same weight in
each hand, a situation which might be expected to have larger demands because of the doubled
total load. However, the impact of carrying loads in either one or two hands with gait asymmetry
has largely gone unresearched.

Ganguli and Datta (1977) compared load carriage energy

expenditures for individuals with and without unilateral lower limb amputations, finding the higher
energy expenditure levels often associated with lower limb amputation were amplified during
carrying tasks. Our data indicate that load carrying with a lower limb asymmetry led to larger
average L5/S1 vertebral joint compression force, and larger force metrics in the flexion locomotor
and stabilizer muscle groups, supporting our first hypothesis. Gait symmetry effects tended to be
influenced by one-handed carries and higher dumbbell loads and again may be a consequence of
the CoM movement when transitioning from the walking boot stance to unperturbed side stance
(see Supplemental Material, Table 6.SM.3). Symmetric or asymmetric gait carries with two hands
would not have the combined influence of these effects and thus would not be as demanding on
the lower back.
The magnitude of the L5/S1 vertebral joint peak forces during these carrying tasks ranged
from 1291 to 3551 Newtons in compression and 181 to 604 Newtons in shear. Greater peak values
were associated with unilateral 15BW dumbbell conditions during asymmetric gait, while lower
values were found in the bilateral 7.5BW dumbbell conditions. Such force levels are larger than
the 1,244 to 2,895 Newtons in compression and 166 to 469 Newtons in shear estimated from the
same cohort during unloaded walking (Study 2) but generally are considered safe for the L5/S1
spinal unit tissues when given sufficient recovery time between repetitions and with relatively
neutral trunk postures (Gallagher and Marras, 2012; Jäger and Luttmann, 1989). However, forces
of this magnitude may lead to tissue injury during the sustained and awkward postures of
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asymmetric gait (Adams and Dolan, 2005; Brinckmann et al., 1988; Gallagher et al., 2005; Marras,
2008; Study 2). This chronic injury mechanism could potentially account for the high LBP
prevalence seen clinically in asymmetric gait populations (Devan et al., 2014; Kelsey et al., 1984;
Knutson, 2005b; Ready et al., 2018; Wolfe et al., 1996), and warrants additional epidemiological
and biomechanical research.
While our data provide support for our hypotheses, a larger and more diverse range of
carrying situations and lower limb asymmetries potentially could produce more pronounced
effects.

Lower back demands are dependent on load, speed, duration, fatigue, and gait

(a)symmetry (Hendershot et al., 2018; Marras et al., 2006; McGill et al., 2013; van Dieën et al.,
1998b). The combination of these factors applied in the present study were chosen to be relevant
to activities of daily living, allowed for a repeated-measures design, and were based on ergonomic
guidelines and common clinical treatments (Dick et al., 2017; Zhang et al., 2006). Lower back
demands from carrying with different perturbations, across a variety of gait speeds, clinical
populations, with muscle fatigue, and greater loads or durations could uncover different effects
and thus merit further investigation. Finally, although our model was evaluated for the comparison
of gait and carrying tasks in Study 1, improved musculoskeletal modeling approaches may lead to
further insights.
In summary, this was the first study to assess lower back demands during load carriage
with a gait asymmetry induced by a walking boot. We found that carry tasks resulted in a) larger
lower back forces in the presence of a gait asymmetry than without, and b) larger L5/S1 forces
when unilateral loads were held in the hand contralateral to the walking boot. Thus, clinicians and
ergonomists aiming to reduce lower back demands for those with gait asymmetries should perhaps
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endorse carrying loads in two hands or in the hand on the same side as the walking boot whenever
possible.

6.SM. Supplemental Material
Stance Time (A)symmetry
To evaluate the impact of load carriage and gait symmetry on lower limb stance time
asymmetry, a symmetry index (SI) calculated as a percentile of right versus left leg stance time
was determined for all carrying conditions (see Study 2 for calculation procedure). Positive SI
percentile values represent longer right (walking boot) stance times, while negative SI denotes
longer left stance times. SIs were compared (α= .05) with a three-way ANOVA and Tukey posthoc testing when appropriate.
Average SIs and statistical results are shown in Table 6.SM.1. As intended the walking
boot induced more asymmetric gait (i.e. further from 0) relative to normal shod conditions, with
longer left side stance times as indicated by the negative stance time SI (p < .01). However,
carrying different dumbbell loads (p = .09), one versus two hand carries (p = .83), and all
interaction effects (p-values ranging from .20 to .85) surprisingly did not significantly impact
lower limb stance time SIs, unlike previous results (Wang and Gillette, 2018).
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Table 6.SM.1. Stance time symmetry index effects during carrying conditions. Negative symmetry index (SI;
percentile) values denote longer left stance times, while SIs closer to zero would represent more symmetry
between lower limb stance times. Dumbbells were carried either in one or two hands, in the latter task the total
hand load was therefore doubled. During asymmetric gait, the walking boot was located on the right lower
limb; in one hand carries, the dumbbell was held in the left hand (see Test b for rationale). During symmetric
gait unilateral dumbbell carries were held in the right hand. Letters denote post-hoc pairings from significant
differences (in bold; p < .05) between effects of dumbbell load (D), hand location (H), gait symmetry (G), and
their interactions. Abbreviations: dumbbells of 7.5% (7.5BW) or 15% (15BW) bodyweight.

Source

Stance SI Main & Interaction Effects

p-value

Dumbbell (D)

7.5BW
-1.1 (1.7)

15BW
-1.6 (1.9)

.09

Hand (H)

One
-1.3 (1.9)

Two
-1.4 (1.8)

.83

Gait
Symmetry (G)

Symmetric
-0.2 (1.2)b

Asymmetric
-2.5 (1.6)a

<.01

7.5BW
D×H

One
-0.9 (1.7)

15BW

Two
-1.3 (1.8)

One
-1.8 (2.1)

Two
-1.5 (1.7)

D×G

7.5BW
Symmetric Asymmetric
0.0 (1.1)
-2.2 (1.5)

15BW
Symmetric Asymmetric
-0.4 (1.2)
-2.9 (1.7)

H×G

One
Symmetric Asymmetric
-0.2 (1.4)
-2.5 (1.4)

Two
Symmetric Asymmetric
-0.2 (1.6)
-2.6 (1.6)

7.5BW
D×H×G

One
Symmetric Asymmetric
0.2 (1.2)
-1.9 (1.5)

.20

.74

.85
15BW

Two
Symmetric Asymmetric
-0.1 (1.1)
-2.5 (1.6)

One
Symmetric Asymmetric
-0.5 (1.6)
-3.1 (1.8)

Two
Symmetric Asymmetric
-0.3 (.7)
-2.7 (1.7)
.53

Center of Mass Lateral Acceleration
To support our Test (a) and (b) conclusions, the corresponding impact of a) load carriage
during asymmetric gait; and b) unilateral hand carriage location relative to the walking boot side
on peak CoM lateral acceleration was evaluated. Whole body CoM lateral acceleration in the
frontal plane was calculated for each trial using OpenSim’s Analysis Tool and referenced relative
to global coordinates. A positive value indicates an acceleration directed towards the participant’s
right side, while a negative value indicates an acceleration to the left side. Three- and two-way
repeated-measures analysis of variance (ANOVA) tests were used for Test (a) and (b),
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respectively, along with Tukey post-hoc tests to further analyze significant ANOVA findings (α=
.05).
Peak CoM lateral accelerations and statistical results comparing one hand asymmetry
carries (Test b) are shown in Table 6.SM.2. There were no significant effects of dumbbell load on
peak acceleration towards either the right (p = .83) or left side (p = .66). Larger peak acceleration
towards the right side (p = .03) occurred when the dumbbell was held in the left versus the right
hand, but hand location did not have a significant effect on acceleration towards the left side (p =
.18). No significant dumbbell load × hand location effect was present for either right (p = .50) or
left (p = .86) side accelerations.

Table 6.SM.2. Center of mass peak lateral acceleration effects during asymmetric gait for unilateral carry
locations in the left or right hand. Asymmetry was induced with a walking boot worn on the right lower limb.
Letters denote post-hoc pairings from significant differences (in bold; p < .05) in acceleration (in m/s2) between
main effects of dumbbell load, location, and dumbbell × location interaction. Abbreviations: dumbbells of
7.5% (7.5BW) or 15% (15BW) bodyweight.

Location
(L)

Dumbbell
(D)

Source

Metrics

Main & Interaction Effects
7.5BW

15BW

Towards Right

0.87 (0.16)

0.87 (0.16)

.83

Towards Left

-0.84 (0.16)

-0.85 (0.15)

.66

Left

Right

Towards Right

0.90 (0.17)b

0.84 (0.14)a

.03

Towards Left

-0.87 (0.17)

-0.82 (0.14)

.18

7.5BW

D×L

p-value

15BW

Left

Right

Left

Right

Towards Right

0.88 (0.15)

0.85 (0.16)

0.91 (0.19)

0.83 (0.11)

.50

Towards Left

-0.86 (0.17)

-0.81 (0.16)

-0.87 (0.18)

-0.83 (0.12)

.86
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Peak CoM lateral accelerations and statistical results comparing carries during different
gait symmetries (Test a) are shown in Table 6.SM.3. As with Test b, there were no significant
effects of dumbbell load on peak acceleration towards either the right (p = .17) or left side (p =
.64). One hand dumbbell carries led to significantly larger peak acceleration directed towards both
the right (p < .01) and left (p < .01) sides than two hand carries. Load carriage while donning a
walking boot (asymmetric gait) also led to significantly larger peak acceleration towards both the
right (p < .01) and left (p < .01) sides than during symmetrical gait. No significant interaction
effects (p-values ranging from .18 to .64) were found for peak accelerations in either direction.

Table 6.SM.3. Center of mass peak lateral acceleration effects during carrying conditions. Dumbbells were
carried either in one or two hands, in the latter task the total hand load was therefore doubled. During
asymmetric gait, the walking boot was located on the right lower limb; in one hand carries, the dumbbell was
held in the left hand (see Test b for rationale). During symmetric gait unilateral dumbbell carries were held in
the right hand. Letters denote post-hoc pairings from significant differences (in bold; p < .05) in acceleration
(in m/s2) between effects of dumbbell load (D), hand location (H), gait symmetry (G), and their interactions.
Abbreviations: dumbbells of 7.5% (7.5BW) or 15% (15BW) bodyweight.

Gait
Symmetry
(G)

Hands
(H)

Dumbbell
(D)

Source

Main & Interaction Effects
7.5BW

15BW

Towards Right

0.80 (0.15)

0.76 (0.18)

.17

Towards Left

-0.77 (0.16)

-0.76 (0.18)

.64

One

Two

Towards Right

0.82 (0.18)b

0.74 (0.15)a

<.01

Towards Left

-0.80 (0.17)b

-0.73 (0.16)a

<.01

Symmetric

Asymmetric

Towards Right

0.71 (0.15)b

0.84 (0.16)a

Towards Left

-0.70 (0.16)b

-0.83 (0.15)a

<.01
<.01

H×G

D×G

D×H

7.5BW

15BW

One

Two

One

Two

Towards Right

0.83 (0.16)

0.77 (0.14)

0.81 (0.20)

0.71 (0.15)

.27

Towards Left

-0.80 (0.16)

-0.74 (0.15)

-0.80 (0.17)

-0.73 (0.17)

.64

7.5BW
Symmetric
Asymmetric

15BW
Symmetric
Asymmetric

Towards Right

0.74 (0.14)

0.85 (0.15)

0.69 (0.16)

0.83 (0.18)

.20

Towards Left

-0.72 (0.15)

-0.82 (0.15)

-0.68 (0.16)

-0.84 (0.16)

.19

One
Symmetric
Asymmetric

Two
Symmetric
Asymmetric

Towards Right

0.74 (0.15)

0.90 (0.15)

0.69 (0.13)

0.79 (0.13)

Towards Left

-0.73 (0.14)

-0.87 (0.14)

-0.68 (0.13)

-0.79 (0.13)

.18
.53

7.5BW

D×H×G

p-value

Symmetric

One
Asymmetric

Symmetric

15BW
Two
Asymmetric

Symmetric

One
Asymmetric

Symmetric

Two
Asymmetric

Towards Right

0.78 (0.14)

0.88 (0.15)

0.71 (0.14)

0.82 (0.13)

0.70 (0.16)

0.91 (0.19)

0.67 (0.16)

0.76 (0.13)

.30

Towards Left

-0.74 (0.14)

-0.86 (0.17)

-0.71 (0.17)

-0.78 (0.13)

-0.72 (0.14)

-0.87 (0.18)

-0.65 (0.18)

-0.80 (0.14)

.61
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Bilateral Muscle Group Forces During One Hand Asymmetric Carries
To avoid conflicting and confounding factors when referencing one hand carries, muscle
group forces (normalized to body weight) were combined bilaterally for qualitative (Fig. 6.3.2)
and Test (a) comparisons (Table 6.3.3). However, to better support our Test (b) conclusions
additional analyses of peak and average trunk muscle group forces partitioned ipsi- and
contralateral to the one hand carry load location were performed post-hoc for asymmetric gait
induced by the walking boot on the right leg. Each bilateral muscle group metric was compared
(α= .05) with a two-way ANOVA and Tukey post-hoc testing when appropriate.
Peak and average bilateral muscle group forces and statistical results are shown in Table
6.SM.4. As expected, the larger 15BW dumbbell load resulted in larger muscle group forces (pvalues all < .03), with the lone exception of peak force in the ipsilateral extension locomotor
muscle group (p = .96). Muscle group forces were the same whether the dumbbell was in the left
or right hand, with the exception of the stabilizer muscle group which displayed significantly larger
contralateral (i.e. right) side peak (p = .05) and average (p < .01) forces when the load was carried
in the left hand. Dumbbell load × hand location interaction effects were present for the extension
locomotor and flexion locomotor muscle groups. For both muscle groups, peak and average
contralateral (but not ipsilateral) forces were larger in the 15BW carries than in the 7.5BW carries
(p-values all < .02). In the 15BW condition, average contralateral (right side) force magnitudes
were larger during left hand carries for the extension locomotor group (average force) and flexion
locomotor group (peak force), compared to contralateral forces in right hand carries.
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Table 6.SM.4. Peak and average bilateral muscle group force effects during asymmetric gait for unilateral
carry locations in the left or right hand. Forces were normalized and expressed as a percentage of bodyweight
partitioned relative to the hand holding (ipsilateral) and not holding (contralateral) the dumbbell. Asymmetry
was induced with a walking boot worn on the right lower limb. Letters denote post-hoc pairings from
significant differences (in bold; p < .05) for main effects of dumbbell load and location, and for the dumbbell
load × location interaction. Abbreviations: dumbbells of 7.5% (7.5BW) or 15% (15BW) bodyweight.

Source

Metrics
7.5BW
89.0 (20.6)a
59.2 (11.6)a
96.2 (17.9)a

15BW
102.1 (23.7)b
71.5 (15.8)b
108.6 (24.6)b

<.01
<.01
<.01

Average
Peak
Ipsilateral
Extension
Average
Locomotors
Peak
Contralateral
Average
Peak
Ipsilateral
Average
Flexion
Locomotors
Peak
Contralateral
Average

67.7 (11.5)a
86.2 (21.7)
52.8 (7.4)a
157.8 (33.7)a
97.2 (17.3)a
59.3 (14.8)a
37.3 (8.7)a
66.1 (14.2)a
44.6 (9.3)a

82.0 (17.3)b
86.6 (18.0)
57.4 (10.2)b
202.4 (52.1)b
144.2 (36.1)b
68.9 (22.5)b
44.9 (15.0)b
90.8 (24.5)b
63.9 (16.0)b

<.01
.96
.03
<.01
<.01
.01
<.01
<.01
<.01

Left

Right

94.6 (26.3)

96.5 (19.5)

.61

Average
Peak
Contralateral
Average
Peak
Ipsilateral
Extension
Average
Locomotors
Peak
Contralateral
Average
Peak
Ipsilateral
Average
Flexion
Locomotors
Peak
Contralateral
Average

64.4 (16.9)
106.8 (23.7)b
77.3 (17.4)b
87.6 (19.7)
54.6 (8.8)
182.2 (54.6)
128.1 (42.0)
65.7 (20.7)
42.3 (13.6)
82.4 (26.4)
55.2 (17.4)

66.3 (13.2)
97.9 (20.1)a
72.3 (14.9)a
85.2 (20.1)
55.6 (9.5)
178.0 (43.6)
113.3 (29.5)
62.5 (18.5)
39.9 (12.0)
74.5 (19.7)
53.3 (15.3)

.42
.05
<.01
.72
.75
.63
.07
.49
.48
.16
.52

Peak
Average
Stabilizers
Peak
Contralateral
Average
Peak
Ipsilateral
Extension
Average
Locomotors
Peak
Contralateral
Average
Peak
Ipsilateral
Average
Flexion
Locomotors
Peak
Contralateral
Average

7.5BW
Left
Right
85.1 (21.2)
92.8 (20.1)
56.7 (10.8)
61.8 (12.2)
99.9 (19.9)
92.4 (15.5)
68.9 (10.6)
66.5 (12.7)
84.4 (20.2)
88.0 (23.9)
50.7 (5.3)
54.8 (8.8)
152.3 (29.6)a 163.3 (37.9)a
100.8 (20.2)a
93.6 (13.7)a
59.7 (16.7)
58.8 (13.4)
37.4 (9.6)
37.2 (8.0)
66.3 (15.8)a
65.8 (13.0)a
43.9 (8.3)a
45.4 (10.5)a

Stabilizers
Contralateral

Ipsilateral

Peak

Location (L)

Stabilizers

Ipsilateral

D×L

p-value

Peak
Average
Peak

Ipsilateral

Dumbbell (D)

Main & Interaction Effects
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15BW
Left
Right
104.1 (28.4)
100.1 (18.9)
72.1 (18.8)
70.9 (13.1)
113.7 (26.0)
103.5 (23.2)
85.8 (19.1)
78.2 (15.1)
90.9 (19.6)
82.3 (16.0)
58.5 (10.1)
56.4 (10.6)
212.1 (58.3)b 192.7 (45.6)b
155.4 (40.8)c 132.9 (28.0)b
71.6 (23.2)
66.1 (22.5)
47.1 (15.6)
42.7 (14.8)
98.5 (25.4)c
83.2 (21.9)b
66.6 (16.8)b 61.2 (15.5)b

.09
.12
.51
.09
.12
.08
<.01
.02
.29
.12
<.01
.02

CHAPTER 7
CONCLUSION
Our bodies are built for and thrive on locomotion. For centuries doctors have touted the
benefits of walking with some claiming it as a near perfect exercise, a potential remedy of minor
discomforts, and a means of maintaining our psychological well-being (Nutter, 1988).
Unfortunately, not everyone may be able to capitalize on the benefits of walking. Individuals
exhibiting gait asymmetry, such as differences between left and right step lengths and stance times,
have a greater prevalence of lower back pain (LBP) than reported in the general population (Ehde
et al., 2001; Giles and Taylor, 1981; Ready et al., 2018; Smith et al., 1999; Wolfe et al., 1996).
Gait asymmetries are common in people with lower limb amputation, leg length discrepancy, leg
mass differences, or lower limb joint disfunction (Cappozzo and Gazzani, 1982; Constantinou et
al., 2014; Dananberg, 1993; Devan et al., 2014; DeVita et al., 1991; Dingwell et al., 1996; Friberg,
1983; Gulgin et al., 2018; Mündermann et al., 2005; Tanaka et al., 2015; Wolfe et al., 1996). Due
to several compounding characteristics associated with gait asymmetry, it is difficult to control for
and isolate specific LBP risk-factors experimentally (Chow et al., 2006; Hafner et al., 2002;
Hendershot et al., 2018; Highsmith et al., 2019; Nolan et al., 2003; Selles et al., 1999; van der
Linden et al., 1999; Wasser et al., 2019; Windrich et al., 2016; Yu et al., 2014). Identifying
modifiable risk-factors and hazardous tasks is of importance to clinicians treating LBP in those
with gait asymmetries. Therefore, this dissertation aimed to examine how specific artificially
induced lower limb imbalances common to gait asymmetry can impact lower back demands during
normal gait (Study 2) and how the presence of a lower limb gait asymmetry can impact lower back
demands while carrying a load (Study 3). To accomplish this, an experimental paradigm was
developed which safely induced lower limb gait asymmetries in healthy able-bodied participants.
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LBP risk was quantified by comparing kinematic and kinetic task demands from a musculoskeletal
computer model of the lower back specifically evaluated (Study 1) for use in walking and carrying
tasks.
Study 1 evaluated the efficacy of an in silico model of the lower back to estimate demands
during gait tasks, as in vivo measurements of these kinetics are highly invasive (Dreischarf et al.,
2016). A recent OpenSim (Delp et al., 2007) musculoskeletal model by Beaucage-Gauvreau et al.
(2019) used recorded kinematic and kinetic information to estimate lower back forces. This model
was modified for the current study to include participant-specific trunk muscular strength and
activity (i.e. recorded EMG). Muscular strength scaling was estimated for each participant from
maximal voluntary contractions against a dynamometer, while recorded muscular activity levels
were incorporated into an EMG optimization (EMGopt) approach used to resolve redundant
muscle forces (Cholewicki et al., 1995). Kinematic, external kinetic, and EMG data were recorded
from six participants (n=6) as they performed a variety of walking and carrying tasks on a
motorized treadmill. To evaluate the lower back demands estimated from the musculoskeletal
model, lumbar vertebral joint force comparisons were made with estimates from a generic static
optimization approach (SOpt; Crownshield and Brand, 1981), previous in vivo and in silico reports
(Callaghan et al., 1999; McGill et al., 2013; Rohlmann et al., 2014a, 2014c, 2008; Rose et al.,
2013; Wilke et al., 1999), and predicted versus recorded muscular activities.

Further, the

sensitivity of the model to day-to-day EMG variability and the use of participant-specific muscular
strength were evaluated. Results showed that when applying either the EMGopt or SOpt approach,
the model predicted vertebral joint force patterns qualitatively similar to those previously reported.
Compared to SOpt, the EMGopt approach estimated larger joint loads (p < .01) and model muscle
activations more closely matched individual participant EMG patterns (quantified by lower
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RMSEs and larger cross-correlation r-values). L5/S1 vertebral joint forces from EMGopt were
sensitive to the inherent variability in recorded EMG for 57 out of 108 statistical tests, but the
magnitude of these differences (±4%) did not impact between-condition comparisons. Participantspecific muscular strength scaling arrived at an optimal solution with fewer gain adjustments
(lower total 𝑔𝑖 ) to the recorded EMG activity but did not lead to significantly different joint loads
(p-values > .07). Therefore, the musculoskeletal model and EMGopt approach was well-suited for
evaluating the lower back joint demands of walking and carrying tasks.
Study 2 sought to assess how a variety of experimentally induced asymmetric gait
causalities can impact lower back demands relative to unperturbed symmetric gait. In this
repeated-measures study design, gait asymmetries were induced temporarily in healthy ablebodied participants (n=12) by unilaterally increasing the right leg length with a 2.54 cm shoe
leveler, increasing leg mass with a ~1 kg ankle weight, increasing leg length and mass in
combination, and restricting ankle joint motion and increasing leg mass with a clinical walking
boot.

Results from this study confirmed the hypothesis that the four perturbations caused

participants to walk more asymmetrically, with generally longer stance times on the unperturbed
limb, longer step lengths with the perturbed limb (p-values < .01), and with altered trunk
kinematics (p-values < .01 for several kinematic variables). Similar spatiotemporal asymmetries
are often characteristic of patients with clinical gait asymmetries or participants exposed to
equivalent perturbations (Gulgin et al., 2018; Hendershot and Wolf, 2014; Sagawa et al., 2011;
Skinner and Barrack, 1990; Smith and Martin, 2007). However, unlike previous biomechanical
studies in transfemoral amputees (Hendershot et al., 2018; Shojaei et al., 2016), these changes did
not result in L5/S1 vertebral joint compressive or shear forces that were statistically different (pvalues > .09) from a symmetrical (unperturbed) control condition. These null findings indicate
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that the high incidence of LBP often associated with equivalent clinical gait asymmetry (Ehde et
al., 2001; Giles and Taylor, 1981; Ready et al., 2018; Smith et al., 1999; Wolfe et al., 1996) may
not be a direct effect of increased level gait lower back demands. Alternatively, LBP in this
population could either be the result of chronic or secondary conditions which compound lower
back forces, subtle insignificant increases in lower back forces during straight and level walking,
other daily activities (Devan et al., 2015) such as load carriage tasks (Study 3), sit-to-stand
transitions (Actis et al., 2018b; Shojaei et al., 2019), gait on uneven terrain or non-linear paths,
ascending or descending stairs (Acasio et al., 2019; Bae et al., 2007), or a complex interaction of
multiple contributing factors (Farrokhi et al., 2017).
Carrying tasks are a part of everyday life for both able-bodied individuals and those with
clinical gait asymmetries (Devan et al., 2015). While carrying tasks and gait asymmetries have
each independently been associated with LBP (Ehde et al., 2001; Kelsey et al., 1984), surprisingly
the combination of these two factors on lower back demands has not been investigated. Study 3
addressed this research gap by employing the Study 1 musculoskeletal model and the Study 2
experimental protocol to induce gait asymmetries with a clinical walking boot in healthy ablebodied participants (n=12) while carrying dumbbells weighing 7.5% and 15% of bodyweight in
one or two hands. The lower back forces from asymmetric and symmetric gait load carriage were
compared. Study 3 also investigated if one-handed carry locations (relative to the walking boot)
resulted in different L5/S1 vertebral joint forces. The latter test indicated that 15% bodyweight
dumbbell loads carried in the hand contralateral to the walking boot resulted in larger L5/S1
vertebral joint shear and compression forces than when carried on the same side as the walking
boot (p < .05 for peak and average forces). Similar increases in lower back force variables were
seen when carrying with the walking boot, such as higher average L5/S1 joint compression
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compared to symmetrical gait (p = .03). Overall, peak compression (1291 – 3551 N) and shear
(181 – 604 N) forces during all carrying tasks were safely below spinal unit tissue injury tolerances
(Gallagher and Marras, 2012; Jäger and Luttmann, 1989). However, the compounding effect of
carrying across numerous gait cycles in nonneutral postures may contribute to tissue injury and
LBP for those with gait asymmetries. These findings support the development of specific carrying
task guidelines for clinical and acute cases of gait asymmetry.
These results are the first to reveal how isolated sources of gait asymmetry may not be as
detrimental to lower back demands as previous findings based on amputees may suggest.
Furthermore, this work highlights the importance of examining and developing recommendations
for those with clinical gait asymmetries for activities of daily living (e.g. carrying tasks) outside
of level straight-line walking.

Future research should emulate Study 1 and follow the

recommendations of others to properly evaluate biomechanical models prior to applying them to
specific tasks (Hicks et al., 2015). Where possible, models should incorporate participant-specific
information. In terms of studying gait asymmetries and lower back demands, it would be useful
to compare additional lower limb artificial perturbations (e.g. restricting the knee or numbing a
limb), daily activities, the potential effects of fatigue, internal force distributions, additional
biomechanical parameters, and perturbation magnitudes to better understand how asymmetry may
be detrimental to the lower back. A more robust comparison of different loads, alternative carrying
locations and lower limb perturbations, and the effect of fatigue on carrying tasks could help
establish guidelines and inform clinical practices.

Continuing to build upon this line of

biomechanical research can help address the alarmingly high incidence of LBP in those with gait
asymmetry and provide guidance to improve their quality of life.

167

APPENDICES
A. Study 1: Participant Number Rationale
The proposed model will be used to estimate lower back demands across various gaits. It
will be applied to both genders and will need to adapt to between-between subject variance in trunk
muscle strength and anthropometry. Because the qualitative and exploratory methodology of
evaluating a musculoskeletal model and optimization approach do not lend themselves to more
traditional a priori estimates of sample size (e.g. see Appendix B), the number of participants will
be based upon experimenter judgment and the enrollment of previous equivalent studies (Table
A.1.).
I propose using six (n=6; male=3) participants to evaluate the model. This number is based
on the average number used (6.88 participants) in previous musculoskeletal model evaluations
while encompassing a more heterogenous population and an equal number from both genders.
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Table A.1. Comparison of previous lumbar model evaluation studies. Evaluation type reflects whether the
model was compared to their own (direct) or previous (indirect) experimental results. Abbreviations: EMG
optimization (EMGopt), female (F), male (M), manual materials handling (MMH), Optimization (Opt),
transtibial amputee (TTA).

Optimization

Model
Application

Opt

Sit-to-Stand

Opt

MMH

Opt

General

EMG-driven,
EMGopt, & Opt

General

Direct

4
(M = 4)

de Zee et al. (2007)

Opt

General

Indirect

simulation

Gagnon et al. (2001)

EMG-driven,
EMGopt, & Opt

MMH

Direct

Granata and Marras
(1995a)

EMG-driven

MMH

Direct

Opt

General

Indirect

simulation

Opt

Jogging

Direct &
Indirect

1
(M = 1)

Opt

General

Indirect

simulation

Opt

MMH

Direct

EMGopt

MMH

Direct

Study
Actis et al. (2018a)
Beaucage-Gauvreau
et al. (2019)
Bruno et al. (2015)
Cholewicki et al.
(1995)

Han et al. (2012)
Raabe & Chaudhari
(2016)

Base Model
Christophy et al.
(2012)
Christophy et al.
(2012)
Christophy et al.
(2012)
McGill & Norman
(1986)

de Zee et al. (2007)

Zetterberg et al.,
(1987)

Christophy et al.
(2012)
Christophy et al.
(2012)
Schultz & Andersson
(1981)

Gagnon et al. (2011)

Gagnon et al. (2001)

Senteler et al. (2016)
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Evaluation
Type

Number of
Participants

Direct &
Indirect
Direct &
Indirect
Direct &
Indirect

15
(M;F;TTA=5)
3
(M = 3)
simulation

11
(M = 11)
10
(M = 10)

10
(M = 10)
1
(M=1)

B. Studies 2 and 3: Participant Number Rationale
Sample size estimates for Studies 2 and 3 were estimated in MATLAB from equivalent
studies examining within-subjects’ differences in trunk demands while walking at different
cadences, with a walking boot, and while uni-laterally carrying a load (Table B.1.). Cohen-d effect
sizes for paired t-tests were calculated as the ratio of the mean and standard deviation of
differences. Sample size estimations were calculated with the samplesizepwr function using a
power of 0.8 and significance (α) of 0.05. The average sample sized based on these estimates was
8.25 participants. However, to better ensure statistical significance and publication, it was decided
to exceed that estimated number. 12 participants will be used for Studies 2 & 3.

Table B.1. Effect and sample size estimations from previous gait and load carriage studies.

Study
Callaghan et al. (1999)
Gulgin et al. (2018)

McGill et al. (2013)

Rose et al. (2013)

Dependent
Variable

Condition

Effect
Size

Sample Size
Estimation

Max L4/L5
Compression

Fast vs. Slow
Cadence

0.926

12

Shod vs. Boot with
unshod

1.942

5

5 kg bi-lateral vs. 10
kg uni-lateral carry

1.045

10

Normal walking vs.
11.3 kg uni-lateral
briefcase

1.607

6

Peak Trunk
Lateral
Flexion
Average
L4/L5
Compression
Max L2/L3
A/P Shear
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C. Musculoskeletal Model
The proposed OpenSim (Delp et al., 2007) musculoskeletal models m29DoF and m47DoF
are based on a recently developed full-body lifting model (Beaucage-Gauvreau et al., 2019) but
modified for improved usability, simplicity, and anatomical consistency. First, the model was
updated to be compatible with OpenSim 4.0, allowing for improved usability. The model wrist
joints were welded in a neutral posture, and the patellae segments and associated joints removed
(Fig. C.1). These modeling details minimally contribute to lower back demands and were altered
to simplify the model and the required marker set. Cylindrical “dumbbells’ and a “lower limb
mass” of adjustable inertial properties were welded to the hands and right lower shank for
simulations of carrying tasks and certain gait asymmetries tasks (i.e. ankle weight and walking
boot), respectively. Generic Hill-type (Hill, 1938; Thelen, 2003; Zajac, 1989) model parameters
(e.g. shape factors for the active and passive force-lengths and force-velocity) and external oblique
and rectus abdominis musculotendon actuator (MTA) attachment points were corrected to better
represent those in the literature (Table C.1; Stokes and Gardner-Morse, 1999; Thelen, 2003). All
MTA physiological cross section areas (PCSA) were adjusted to match a more homogeneous data
set (Bruno et al., 2015). To determine initial MTA maximal isometric forces, maximal muscular
stresses (MMS) were set to 100 N/cm2 prior to adjusting to participant-specific strengths. MTA
optimal fiber and tendon slack lengths were calculated based on a simulated neutral standing
posture (Table C.1; Bruno et al., 2015). In m29DoF the eighteen coordinate coupler constraints
(CCC) of the lower back and abdominals were adjusted to represent the in vivo contributions of
the thoracic vertebrae to trunk kinematics and abdomen movement relative to the L5/S1 (Table
C.2; Bruno et al., 2015). Finally, to more accurately determine MTA moment arms, model
m47DoF was constructed without any of the eighteen CCC (Fig. C.2; Banks et al., 2019).
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The proposed m47DoF model used electromyography optimization (EMGopt; Cholewicki
and McGill, 1994) to balance the MTA forces responsible for the observed movement. In brief,
EMGopt uses measured electromyography (EMG) activity to estimate muscle activation. This
muscle activation is input to a Hill-type MTA model (see section 2.2.4 of the Literature Review)
to estimate the force and, in conjunction with their respective moment arms, contribution to joint
moments for each MTA. Unfortunately, the computed moments from the sum of the EMG-derived
MTA force estimates rarely match those calculated from inverse dynamics (Cholewicki et al.,
1995; van Dieën and Visser, 1999). Therefore, in EMGopt the MTA forces are then optimized to
match the more reliable net joint moments from inverse dynamics (Chapter 3; Cholewicki and
McGill, 1994; Gagnon et al., 2011).
For this dissertation, 12 (6 bi-lateral) EMG electrodes will be used to monitor and assign
the activations of the 238 (119 bi-lateral) MTA encompassing 8 muscle groups. The allocation
and placement of the EMG electrodes is based on previous literature investigations and is outlined
in Table C.1 (Gagnon et al., 2011; McGill et al., 1996; Stokes et al, 1999).
The model’s reference and most proximal segment is the pelvis.

Therefore, when

calculating the lower back kinetic demands with the inverse dynamics tool in OpenSim, a topdown approach is utilized. With this approach, the segmental analysis starts at the head/hands and
works from distal to proximal down the kinetic chain towards the pelvis. A more traditional
bottom-up approach (Hendershot and Wolf, 2014; Kingma et al., 1996) starting from the feet and
working up can only be employed if the body set referenced to the ground were switched to the
thorax. The top-down solution will be initially applied in the current model due to the potential
for inaccuracies in the ground reaction force (GRF) resulting from the moving treadmill belt. It is
hypothesized that these inaccuracies would negate any potential errors in the assumption of trunk

172

rigidity, however the impact of using either the top-down or bottom-up approach will be explored
while evaluating the model in Study 1. Ideally, the reduced residual analysis (RRA) tool within
OpenSim would be applied to minimize the differences between the top-down and bottom-up
(Chapter 2.2.6; Delp et al., 2007), but this feature is unavailable due to an inability to segregate
the GRF between the lower limbs.

Figure C.1. Full-body musculoskeletal model. The model’s twenty-seven segments (not including dumbbells
and the added lower limb mass) were characterized by their .osim body set identification (in quotes), degrees
of freedom (DoF; in parenthesis), proximal (PA), distal (DA), and internal (IA) attachments for the full-body
OpenSim musculoskeletal model. To improve visualization, the model is depicted without musculotendon
actuators (MTA). *denotes DoF apply only if the coordinate coupler constraint (CCC) is present.
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Figure C.2. Average muscle group sagittal plane moment arms about the L5/S1 joint for the m29DoF and
m47DoF models during a neutral standing posture. Positive moment arms denote the potential to generate an
internal extension moment. Data whiskers indicate ±1 standard deviation. Note the left (pertaining to the
m47DoF model and the maroon bars) versus right (pertaining to the m29DoF model and the grey bars) ordinate
scaling differences and the unnatural magnitude for the m29DoF model. Abbreviations: external obliques
(EO), erector spinae (ES), internal obliques (IO), latissimus dorsi (LD), multifidus (MF), quadratus lumborum
(QL), and rectus abdominis (RA).

Table C.1. Individual musculotendon actuator characteristics. Musculotendon actuators (MTAs) were
characterized by a muscle grouping, “.osim” force set name, default maximal isometric force (Fmax), optimal
fiber length (OFL), tendon slack length (Tsl), pennation angle, electromyography (EMG) electrode assigned for
EMG optimization (EMGopt), and EMGopt lower optimization limit. Default Fmax values are based on
physiological cross-sectional areas and an assumed maximal muscle stress of 100N/cm2 (Bruno et al., 2015).
OFL and Tsl were calculated from the model in a neutral standing posture (Bruno et al., 2015). Pennation
angles were taken from Christophy et al. (2012). Assignment of EMG electrodes and lower “g” limits were
based on previous studies (Cholewicki and McGill, 1994; Gagnon et al., 2011; McGill et al., 1996; Stokes and
Gardner-Morse, 1999). Generic parameters for all MTAs include maximum tendon strain (0.033), active forcelength (FL) factor (0.45), passive FL shape factor (5.0), force-velocity shape factor (0.25), maximum normalized
lengthening force (1.8 of Fmax), and activation (0.01 seconds) and a deactivation (0.04 seconds) time constants
(Millard et al., 2013; Thelen, 2003; Zajac, 1989). All 119 MTA are modeled bilaterally (total 238).
Abbreviations: external obliques (EO), iliocostalis lumborum pars thoracis (IL), internal obliques (IO),
latissimus dorsi (LD), longissimus thoracis pars thoracis (LT), and rectus abdominis (RA).

Muscle
Group
EO

Force Set
EO1
EO2
EO3
EO4

Fmax (N)
81.0
159.0
215.0
246.0

OFL (m)
0.1108
0.1562
0.1813
0.2136
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Tsl (m)
0.0123
0.0174
0.0201
0.0237

Pennation
Angle
(rad)
0.0000
0.0000
0.0000
0.0000

EMG
Electrode
Site

EMGopt
"g" Lower
Limit

EO

0.50

Erector
Spinae

IO

LD

EO5
EO6
IL_L1
IL_L2
IL_L3
IL_L4
IL_R5
IL_R6
IL_R7
IL_R8
IL_R9
IL_R10
IL_R11
IL_R12
LTpT_T1
LTpT_T2
LTpT_T3
LTpT_T4
LTpT_T5
LTpT_T6
LTpT_T7
LTpT_T8
LTpT_T9
LTpT_T10
LTpT_T11
LTpT_T12
LTpT_R4
LTpT_R5
LTpT_R6
LTpT_R7
LTpT_R8
LTpT_R9
LTpT_R10
LTpT_R11
LTpT_R12
LTpL_L5
LTpL_L4
LTpL_L3
LTpL_L2
LTpL_L1
IO1
IO2
IO3
IO4
IO5
IO6
LD_L1
LD_L2
LD_L3
LD_L4
LD_L5
LD_T12
LD_T11
LD_T10

175.0
175.0
147.0
183.0
217.0
415.0
57.0
73.0
88.0
78.0
96.0
192.0
235.0
206.0
326.0
241.0
173.0
61.0
57.0
81.0
80.0
120.0
139.0
121.0
115.0
94.0
60.0
57.0
81.0
80.0
130.0
111.0
120.0
115.0
94.0
158.0
152.0
121.0
108.0
106.0
196.0
202.0
192.0
233.0
204.0
180.0
90.0
85.0
105.0
101.0
102.0
54.0
63.0
64.0

0.0905
0.0673
0.0533
0.0377
0.0261
0.0185
0.1672
0.1632
0.1608
0.1451
0.1608
0.1327
0.1152
0.0853
0.1080
0.1107
0.1121
0.1093
0.1035
0.1059
0.1221
0.1314
0.1287
0.1169
0.1006
0.0803
0.1416
0.1322
0.1387
0.1350
0.1106
0.0946
0.1113
0.1081
0.0683
0.0263
0.0434
0.0588
0.0740
0.2083
0.0436
0.0433
0.0459
0.0746
0.0621
0.0590
0.3459
0.3695
0.3874
0.4022
0.4195
0.3295
0.3075
0.3025
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0.0101
0.0075
0.1209
0.0856
0.0591
0.0420
0.2341
0.1971
0.1689
0.1466
0.0947
0.0781
0.0576
0.0427
0.2557
0.2662
0.2697
0.2629
0.2489
0.2420
0.2309
0.2076
0.2181
0.1981
0.1704
0.1361
0.2399
0.2241
0.2125
0.2257
0.2255
0.2311
0.1913
0.1540
0.1328
0.0306
0.0478
0.0639
0.0798
0.0041
0.0662
0.0656
0.0695
0.0503
0.0418
0.0398
0.0755
0.0807
0.0846
0.0878
0.0861
0.0677
0.0631
0.0473

0.0000
0.0000
0.2409
0.2409
0.2409
0.2409
0.2409
0.2409
0.2409
0.2409
0.2409
0.2409
0.2409
0.2409
0.2199
0.2199
0.2199
0.2199
0.2199
0.2199
0.2199
0.2199
0.2199
0.2199
0.2199
0.2199
0.2199
0.2199
0.2199
0.2199
0.2199
0.2199
0.2199
0.2199
0.2199
0.2199
0.2199
0.2199
0.2199
0.2199
0.0000
0.0000
0.0000
0.0000
0.0000
0.0000
0.0000
0.0000
0.0000
0.0000
0.0000
0.0000
0.0000
0.0000

IL

0.50

LT

0.01

IO

0.50

LD

0.50

Multifidus

Psoas
Major

Quadratus
Lumborum

LD_T9
LD_T8
LD_T7
LD_R12
LD_R11
LD_Il
MF_m1s
MF_m1t_1
MF_m1t_2
MF_m1t_3
MF_m2s
MF_m2t_1
MF_m2t_2
MF_m2t_3
MF_m3s
MF_m3t_1
MF_m3t_2
MF_m3t_3
MF_m4s
MF_m4t_1
MF_m4t_2
MF_m4t_3
MF_m5s
MF_m5t_1
MF_m5t_2
MF_m5t_3
MF_m1_laminar
MF_m2_laminar
MF_m3_laminar
MF_m4_laminar
MF_m5_laminar
Ps_L1_VB
Ps_L1_TP
Ps_L1_L2_IVD
Ps_L2_TP
Ps_L2_L3_IVD
Ps_L3_TP
Ps_L3_L4_IVD
Ps_L4_TP
Ps_L4_L5_IVD
Ps_L5_TP
Ps_L5_VB
QL_post_I_1_L3
QL_post_I_2_L4
QL_post_I_2_L3
QL_post_I_2_L2
QL_post_I_3_L1
QL_post_I_3_L2
QL_post_I_3_L3
QL_mid_L3_12_3
QL_mid_L3_12_2
QL_mid_L3_12_1
QL_mid_L2_12_1
QL_mid_L4_12_3

41.0
41.0
37.0
43.0
63.0
65.0
81.0
72.0
60.0
100.0
54.0
57.0
146.0
161.0
84.0
91.0
91.0
91.0
101.0
90.0
90.0
90.0
35.0
35.0
35.0
35.0
39.0
31.0
36.0
26.0
56.0
267.0
77.0
147.0
259.0
151.0
128.0
45.0
203.0
85.0
186.0
233.0
75.0
156.0
59.0
37.0
77.0
56.0
96.0
42.0
48.0
80.0
156.0
42.0

0.2761
0.2500
0.2379
0.2720
0.2617
0.4673
0.0474
0.0762
0.0953
0.1099
0.0443
0.0653
0.0872
0.0970
0.0403
0.0974
0.0809
0.0809
0.0375
0.0538
0.0692
0.0807
0.0161
0.0760
0.0568
0.0407
0.0310
0.0267
0.0251
0.0283
0.0293
0.2049
0.2018
0.1894
0.1793
0.1667
0.1582
0.1438
0.1374
0.1197
0.1195
0.1063
0.0396
0.0272
0.0400
0.0547
0.0704
0.0521
0.0371
0.0557
0.0591
0.0643
0.0418
0.0741
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0.0432
0.0513
0.0489
0.0558
0.0537
0.0202
0.0197
0.0229
0.0286
0.0330
0.0171
0.0199
0.0266
0.0295
0.0168
0.0324
0.0269
0.0269
0.0237
0.0218
0.0280
0.0327
0.0102
0.0307
0.0230
0.0165
0.0118
0.0101
0.0095
0.0107
0.0111
0.0609
0.0599
0.0562
0.0532
0.0495
0.0470
0.0427
0.0408
0.0355
0.0355
0.0316
0.0333
0.0229
0.0336
0.0460
0.0592
0.0437
0.0312
0.0289
0.0307
0.0334
0.0217
0.0385

0.0000
0.0000
0.0000
0.0000
0.0000
0.0000
0.0000
0.0000
0.0000
0.0000
0.0000
0.0000
0.0000
0.0000
0.0000
0.0000
0.0000
0.0000
0.0000
0.0000
0.0000
0.0000
0.0000
0.0000
0.0000
0.0000
0.0000
0.0000
0.0000
0.0000
0.0000
0.1868
0.1868
0.1868
0.1868
0.1868
0.1868
0.1868
0.1868
0.1868
0.1868
0.1868
0.1292
0.1292
0.1292
0.1292
0.1292
0.1292
0.1292
0.1292
0.1292
0.1292
0.1292
0.1292

(𝐿𝑇 + 𝐼𝐶)
2

0.01

(𝐸𝑂 + 𝐼𝑂)
2

0.01

IC

0.01

RA

QL_ant_I_2_T12
QL_ant_I_3_T12
QL_ant_I_2_12_1
QL_ant_I_3_12_1
QL_ant_I_3_12_2
QL_ant_I_3_12_3
rect_abd

45.0
85.0
28.0
53.0
35.0
41.0
662.0

0.1121
0.1073
0.1012
0.1022
0.0967
0.0906
0.3137

0.0582
0.0557
0.0526
0.0531
0.0502
0.0471
0.0853

0.1292
0.1292
0.1292
0.1292
0.1292
0.1292
0.0000

RA

0.50

Table C.2. Lumbar and abdomen coordinate coupler constraints applied to the m29DoF model. Coordinate
coupler constraints (CCC) distribute the total trunk rotation between the vertebral joints. Numbers indicate
orthogonal CCC coefficients expressed as a multiple of the L5/S1 angle. Coefficients are based off from Bruno
et al. (2015). * Includes thoracic contributions from T3/T4 to T12/L1. The T3/T4 cutoff was estimated from
the location of the superior markers of the trunk cluster. **Abdomen CCC were estimated as half the total
lumbar rotation.

Joint Set

Axial

Lateral

Sagittal

T12/L1*
L1/L2
L2/L3
L3/L4
L4/L5
L5/S1

20.028
0.806
0.861
1.056
1.056
1.000

16.730
1.378
1.838
1.784
1.324
1.000

11.065
3.950
3.276
2.818
2.005
1.000

Abdomen**

2.389

3.662

6.525
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D. Experimental Muscle Fatigue Test
Muscle fatigue can impact task and muscle performance (Enoka and Duchateau, 2008;
Kamen and Caldwell, 1996). Various physiological and psychological fatigue effects lead to
muscle fiber conduction velocity decreases and compensatory increases in motor-unit recruitment.
These phenomena are apparent in surface electromyography (EMG) recordings and characterized
by increasing amplitudes and decreasing median frequencies as fatigue worsens (Kallenberg et al.,
2007; Kamen and Caldwell, 1996). To ensure that our primary experimental protocol did not cause
overt fatigue levels which could complicate the interpretation of our results, we administered an
objective test to determine if muscle fatigue had occurred.
Bilateral iliocostalis lumborum and longissimus thoracis muscle fatigue was assessed from
surface EMG (see Study 1 for hardware specifics) recorded while participants performed a
modified Biering-Sorensen (1984) test prior to (pre) and following (post) experimental conditions
In the Biering-Sorensen test, participants were instructed to lie prone on the edge of the exam table
with their lower limbs secured while maintaining their upper body in an unsupported horizontal
position for 30 seconds (Fig. D.1). The recorded data were band-pass filtered (20 - 500 Hz) and
full-wave rectified prior to analysis. Median frequencies were calculated from the filtered data for
twenty-five 1-second windows extracted from the final 25 seconds of each test. Similarly, twentyfive average amplitudes levels were calculated from the rectified data. Slopes of median frequency
and amplitude across the 25 seconds were determined with best fit lines for each of muscle. Paired
t-tests (α < .05) compared pre and post-test slopes across all participants to elucidate if muscle
fatigue was evident in the experimental protocol.
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Figure D.1. Horizontal position used for the 30-second fatigue test against body weight. The position was
modeled from Biering-Sorensen’s (1984) lower back muscular endurance test.

As expected, the EMG median frequency slope decreased, and EMG amplitude increased
throughout the fatigue tests (Fig. D.2). However, neither muscle fatigue phenomena were different
pre versus post-test (Fig. D.2; p-values for all muscles > .06), indicating that participants were not
fatigued by the primary experimental protocol.

Figure D.2. Muscle fatigue test results. Figures depict comparisons between pre-test (grey bars) and post-test
(white bars) muscle fatigue test average slope values for A) median frequency (Hz / s) and B) amplitude (mV/s).
Data whiskers indicate ±1 standard deviation and p-values are the result from paired t-tests (α < .05) of like
pre and post-test measures.
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